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ABSTRACT 
 
Atomic force microscope (AFM) has emerged as a powerful tool in the last two decades 
to study biological materials at the nanoscale. The high resolution imaging capability and high 
precision force sensitivity of AFM makes it a unique tool for the assessment of characteristic 
properties of extremely small and soft biological materials.  In this dissertation, AFM was 
utilized to systematically study individual collagen fibrils and cortical bone samples at the 
nanoscale with the focus on their mechanical and electromechanical properties. Furthermore, a 
new nanoneedle-based AFM technique was demonstrated to image soft materials such as 
membrane of living cells in physiological conditions.  
As the most abundant protein in mammals, type I collagen is a fibrous protein (with 
nm50010~ −  in diameter) functioning as one of the main components of bone, tendon, skin, 
and cornea. In the structural organization of collagen molecules within a collagen fibril there 
exist alternating zones of gap and overlap in the axial direction of a collagen fibril with a 
nm67~  periodicity. This special microstructure has been shown to be of significant importance 
in multi-functionality of collagen fibrils in tissues with different mechanical requirements. In this 
dissertation, using high resolution nanoindentation with AFM, nanomechanical heterogeneity 
along the axial direction of a collagen fibril was revealed; it was shown that the gap and overlap 
regions have significantly different elastic and energy dissipation properties, correlating the 
significantly different molecular structures in these two regions. It was further shown that such 
subfibrillar heterogeneity holds in collagen fibrils inside bone and might be intrinsically related 
to the excellent energy dissipation performance of bone. Using piezoresposne force microscopy 
(PFM), the electromechanical properties of a collagen fibril was probed and it was revealed that 
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a single collagen fibril behaves predominantly as a shear piezoelectric material, and has unipolar 
axial polarization throughout its entire length. Furthermore, it was revealed that there existed an 
intrinsic piezoelectric heterogeneity within a collagen fibril coinciding with the periodic 
variation of its gap and overlap regions. This piezoelectric heterogeneity persisted for the 
collagen fibrils embedded in bone, bringing about new implications for its possible roles in 
structural formation and remodeling of bone. 
Since its invention, operation of AFM in liquid for imaging soft biomaterials has been 
hindered by a low quality factor caused by large drag forces on the cantilever. Utilizing the small 
dimensions of a nanoneedle, the new method presented in this dissertation resolves the 
complications by keeping the cantilever outside of the liquid and using a nanoneedle attached to 
the AFM probe as the sensing element in liquid. It was shown that this method in liquid 
maintained the harmonic dynamic characteristics of the cantilever similar to that in air and had 
an intrinsic high quality factor. The performance of the new method is demonstrated through 
imaging single collagen fibrils in liquid as well as the extremely soft membrane of living cells 
under physiological conditions.        
 
 
 
 
 
 
 
 
 
iv 
 
 
 
 
 
 
 
 
 
To my Father and my Mother 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
v 
 
Acknowledgments 
 
I owe my deepest gratitude to my advisor, Professor Min-Feng Yu, for his insight, 
encouragement, supervision, and support. His vast and deep knowledge as well as his optimistic 
perspective helped me pass through rather difficult moments, overcoming obstacles in my 
research. I particularly enjoyed the relaxed and friendly environment encouraged by him in our 
group. In an era where deadlines are norm, he never forced a deadline; his flexibility on projects 
allowed me to pursue what I found to be the most interesting problems. In addition, I would like 
to thank my Doctoral examination committee members, Professor Ning Wang, Professor Taher 
Saif, and Professor Peter Wang, for their constructive comments on my PhD dissertation. I 
particularly appreciate Professor Ning Wang’s generosity and kindness in allowing me to use his 
laboratory equipment and resources for cell culturing. Professor Saif has been always open to me 
when I needed consult his experience as I built my career. My groupmates, Abhijit  Suryavanshi, 
Zhaoyu Wang, Kyungsuk Yum, Jie Hu, Hanna Cho, and Arash Tajik, were enormously helpful 
in my research. Zhaoyu started me on AFM and PFM, and Jie and Hanna helped me greatly with 
FIB.  Arash helped me to put together the nano-manufacturing setup for nanoneedle deposition 
based on Abhijit’s prior work. My graduate studies would not have been possible without 
constant support from my family. My parents provided me with their ever increasing support and 
my brother and sisters took on responsibilities that I should have shouldered while I was away 
for many years. I would like to thank the friendly and helpful staff and scientists at the Center for 
Microanalysis of Materials (CMM) at the Materials Research Laboratory (MRL) of the 
University of Illinois for training and constant help on using the instruments. Financial support 
from National Science Foundation (NSF) and Center for Nanoscale Chemical-Electrical-
vi 
 
Mechanical Manufacturing Systems (Nano-CEMMS) was greatly appreciated. My PhD study at 
the University of Illinois has been a joyful journey. I made many wonderful friends while living 
in Urbana-Champaign and have met so many great people from all over the world. I hope to pass 
along the knowledge, wisdom, and humanity I earned by using it toward creating a better 
tomorrow in a peaceful world.   
 
Majid Minary Jolandan 
September 2010 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
vii 
 
Table of Contents 
 
CHAPTER 1: Introduction………………………………………...……………………1 
1.1 Atomic Force Microscope………………………………………………………...1 
1.2 Main Components of AFM……………………………………………………….2  
1.3 Main Operation Modes of AFM……………………………………………….....5 
1.4 Application of AFM to Biological Materials…………………………………….10 
CHAPTER 2: Characterization of Nanomechanics of a Single Collagen Fibril and  
Cortical Bone……………..……………………………………………….....................13 
2.1 Introduction……………………………………………………………………....13 
2.2 Collagen Fibrils and Cortical Bone………………………………………………14 
2.3 Nanoindentation………………………………………………………………….18  
2.4 Literature Review…………………………………………………………...……22 
2.5 Materials and Methods……………………………………………….…………..25 
2.6 Results…………………………………………………………………………….30 
2.7 Discussion………………………………………………………..……………….35 
CHAPTER 3: Characterization of Piezoelectricity in a Single Collagen Fibril and  
Cortical Bone at the Nanoscale…………………………….……………………………42 
3.1 Introduction………………………………………………………………………42 
3.2 Piezoresponse Force Microscopy (PFM)…………………………………….…..44 
3.3 Literature Review…………………………………………………………….…..47 
3.4 Materials and Methods…………………………………………………….……..48 
3.5 Results…………………………………………………………………………….51 
3.6 Discussion…………………………………………………………………….…..66 
CHAPTER 4: Nanoneedle-Based High-Q Factor Tapping Mode AFM in Liquid…….69 
viii 
 
4.1 Introduction………………………………………………………………………69 
4.2 Literature Review………………………………………………………………...73 
4.3 Theory………………………………………………………………………….....76 
4.4 Materials and Methods……………………………………………………..…….83 
4.5 Results……………………………………………………………………..………89 
4.6 Discussion………………………………………………………….………….....100 
CHAPTER 5: Conclusions and Outlook…………………..……….…….………..…...103 
 
REFERENCES……………………………………………………………………………107 
 
 
  
 
 
1 
 
CHAPTER 1  
Introduction 
1.1 Atomic Force Microscope 
Atomic force microscope (AFM), invented in 1986  is a versatile nanoscale 
characterization tool and a member of a large family of microscopes known as scanning probe 
microscopes (SPM). Using a sharp probe as the sensing element, AFM provides three 
dimensional topographical images of the sample surface with less than a nanometer resolution 
[1].  The force field governs the interaction between the surface and the probe, and the obtained 
topography image is essentially an iso-force surface.  The dominant forces in AFM operation are 
the long range van der Waals interactions, short-range repulsive interactions, adhesion, and 
capillary forces [2-3]. The force sensitivity of AFM system depends on the spring constant of the 
cantilever, the thermal, electrical, and optical noises [4].   AFM was originally developed to 
overcome the limitation of the scanning tunneling microscope (STM) in imaging an isolating 
surface. The main emphasis of the AFM in the beginning was to provide high resolution 
topographical images, beyond that of the optical microscope, which is limited by the diffraction 
of light.  The spatial resolution of AFM image depends on the sharpness of the probe, and the 
flatness and other material properties of the surface. High spatial resolution could be obtained for 
harder and flatter samples. Atomic resolution images have been reported in air and under liquid 
[5-6]. Another advantage of AFM over other vacuum based microscopes such as the scanning 
electron microscope (SEM) and the transmission electron microscope (TEM) is its capability of 
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functioning in a liquid environment, critical for studying biological samples in physiological 
conditions. With further development of the technique, the emphasis has expanded from merely 
obtaining topographical images to obtaining other characteristics of a material and a surface such 
as elasticity, adhesion, friction, and electrical properties [4].  AFM has been employed in the 
characterization of electrical properties of semiconductors and metallic surfaces as well as in the 
characterization of material properties and microstructure of polymers, and biological materials. 
Specifically, in the field of biophysics AFM has been successfully used in the assessment of 
nanomechanical and chemical properties of wide ranges of materials such as DNA, proteins, 
phospholipids, living cells, and biological tissues [2, 4, 7].  
1.2 Main Components of AFM 
The schematic of the main components of an AFM system is depicted in Figure 1.1. They 
include the sensing mechanism, the scanning mechanism, and the detection mechanism. The 
main and the most important component is the stylus or the AFM probe-tip, which senses the 
interaction forces between the tip and the surface.  
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Figure 1.1 Schematic representation of an atomic force microscope.   
 
As shown in Figure 1.2, the AFM probe is a micro-fabricated silicon or silicon nitride 
cantilever sharpened down to several tens of nanometer at the tip. The sharpness of the tip as 
well as the type of the sample governs the imaging resolution of the instrument. To this end, a 
carbon nanotube attached to the end of the AFM tip presented a significant breakthrough in 
terms of resolution [8]. The spring constant of the cantilever, depending on the type of the 
application and operation mode, varies from mN /01.0~  to mN /100~ . The spring constant 
of the cantilever enables AFM to control the magnitude of the force exerted on the sample 
surface.    
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Figure 1.2 Scanning electron micrographs of (a) a typical AFM cantilever, and (b) the probe-tip.  
 
The second main component of AFM is the piezoelectric transducer (often PZT ceramics) 
that controls the precise positioning capability of the sensing probe relative to the surface. The 
cantilever is mounted on the cantilever holder and, depending on the type of the instrument, 
either the sample or the cantilever is stationary and the position of the other is controlled using 
piezoelectric actuators. The position in vertical ( Z ) direction with respect to the surface is 
controlled using the −Z piezo; rastering across the sample surface is performed using X  and Y  
channels. The third component of AFM is the detection mechanism that monitors the transverse 
(lateral) bending or torsional twist of the cantilever with respect to the surface. The most 
common method is the optical lever method where a laser beam focused onto the backside of the 
cantilever is reflected off onto the split photodetector. The optical lever mechanism amplifies the 
deflection of the cantilever caused by changes in the surface topography. The photodetector is 
split into four quadrants and when the cantilever deflects in response to the surface topography, 
the laser intensity in each quadrant changes. The difference between two top segments and the 
(a) (b) 
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two bottom segments provide the out-of plane bending of the cantilever; the difference between 
left and right segments provides the lateral torsion of the cantilever. The last component of AFM 
system is the controller, which maintains through feedback loops a pre-defined setpoint value for 
the interaction forces between the tip and the sample. Performance of the controller for each 
application and sample type could be adjusted using PID (proportional, integral, and derivative) 
control values. When the probe is rastering on the sample surface, topography-dependent 
changes in the setpoint is detected through the controller and an error signal is fed back into the 
piezo-transducer to correct for the difference.   
1.3 Main Operation Modes of AFM 
As mentioned above, the operation of AFM is based on sensing interaction forces 
between the tip and the surface. Different modes of operation could be achieved, depending on 
whether short range repulsive forces ( nm1< ) or long range attractive van der Waals forces 
( nm100< ) are being used. Theoretically the potential energy between the AFM tip and the 
sample could be modeled by the Lenard Jones potential, shown in Figure 1.3, where two bodies 
approaching each other would feel attractive forces for larger separations followed by short 
range repulsive forces for extremely small distances ( nm1< ).  
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Figure 1.3 Interaction forces vs. tip-sample distance (Lennard-Jones potential) and the operating 
regime of the common modes of AFM.  
 
1.3.1 Contact Mode 
In this mode, the tip of the probe is in physical contact with the sample surface and the 
short range repulsive forces are dominant [3, 9]. This mode is the original mode introduced for 
AFM operation [1].  The tip scans over the surface under a constant force (a pre-defined setpoint 
value for the deflection of the cantilever). In this mode the deflection of the cantilever is used as 
a feedback signal for imaging. Any changes in the predefined setpoint deflection value is sensed 
by controllers through the photodetector and accordingly a signal is sent to the piezo to lift up or 
lower down the tip in order to keep the deflection of the cantilever constant. The position of the 
piezo at any point is registered as the topography image. By tuning the value of the constant 
force, the image contrast and damage to the surface could be adjusted.   In contact mode soft 
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cantilevers are used most often ( mNk /1< ).  The lateral movement of the tip on the sample, 
however, creates dragging forces that for loosely bound objects and soft biological samples is 
especially disadvantageous. Contact mode provides topography and friction images and is the 
main mode for AFM-based nanoindentation. In friction imaging (or lateral mode) the cantilever 
moves laterally with respect to its long axis and the torsion of the cantilever provides information 
about the frictional properties of the surface. In nanoindentation, nanometer sized local 
deformation is induced on the surface under controlled force; thereby mechanical properties of 
the sample could be obtained from the force-deformation data.  
1.3.2 Tapping Mode  
In the tapping mode (or intermittent) AFM [10-11], a small piezo bimorph excites the 
cantilever with an amplitude of nm1001~ −  near its first harmonic (several tens of kHz ) while 
the probe is scanning the surface (Figure 1.4). In this mode, the oscillation amplitude is used as a 
feedback signal. The oscillation amplitude is so adjusted that the tip touches the surface only at 
the end of each oscillation cycle, “tapping”; the tip experiences both attractive and repulsive 
forces. There is also a true non-contact mode AFM where the tip experiences only attractive 
forces in nm101~ −
 
distance above the surface. However, the range of parameters for stable 
operation of non-contact mode is narrow and it is mostly used in high vacuum environments.  In 
tapping mode, the lateral forces on the surface are minimized, which is beneficial for imaging 
delicate samples such as biological materials. In this mode a rather stiff cantilever 
mNk /501~ −  is used since the cantilever requires enough potential energy to break apart from 
capillary forces on the surface.  In tapping mode, topography, amplitude (or error) image, and 
phase image is registered. The phase image is the phase lag between the oscillations of the 
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cantilever and the driving AC signal. Each time the tip strikes the surface at the end of an 
oscillation cycle, a small amount of energy depending on the viscoelasticity of the surface is 
dissipated onto the sample. Encountering features on the surface, the oscillation amplitude of the 
cantilever deviates slightly with respect to the setpoint value.  Amplitude (or error) image at each 
point is the difference between the setpoint value and the actual amplitude of the cantilever at 
that moment.  
 
 
Figure 1.4 A typical frequency response of a cantilever in air with a resonance frequency of 
kHzr 175~ω  
 
and a quality factor of 460~Q .  
 
Figure 1.4 shows a typical frequency response of a cantilever with a resonance frequency of 
kHzr 175~ω  and a quality factor of 460~Q . The sensitivity of the tapping mode depends on 
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the sharpness of the resonance curve, or the quality factor defined as 
ω
ω
∆
=
rQ , where rω is the 
resonance frequency and ω∆ is the width at half peak of the resonance. The force exerted on the 
sample surface in tapping mode has an inverse relationship with the quality factor, QF
1
∝  [3].  
The higher the quality factor, the more sensitive the probe and less force on the sample surface 
during imaging. Far from the surface, the cantilever is oscillating in its free amplitude. 
Approaching to the sample surface, the cantilever initially feels attractive forces and upon 
tapping on the sample surface it feels the repulsive forces. The interaction forces modify the 
resonance behavior of the cantilever and the new amplitude is governed by the shifted resonance 
curve at the drive frequency of the cantilever [3].  The effective resonance frequency ( eω ) of a 
linear oscillator under the influence of external force gradient is 
m
dz
dfk
e
−
=ω , where k is the 
stiffness of the cantilever, m is the effective mass, and 
dz
df is the gradient of the interaction 
forces,  which is positive for attractive forces and negative for repulsive forces. Based on the 
nature of the interaction forces, the new resonance could shift to the left (for attractive 
interactions) or to the right (for repulsive interactions).  Taping on the surface reduces the 
amplitude of oscillation and when the amplitude drops to the predefined setpoint value, the tip is 
engaged and the imaging process could begin. The controllers keep the oscillation amplitude 
constant by moving the tip up and down in response to the changes in the surface topography.  
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1.3.3 AFM in Liquid   
One of the main advantages of AFM over SEM is the capability to operate in liquid 
environments. Although initially proposed for operating in air and ambient conditions, the 
requirement of biological samples to remain in physiological conditions, i.e., in a liquid medium, 
demanded AFM operation in liquid [12-13]. The immediate advantage, in addition to being in 
physiological conditions, is the elimination of capillary forces [12], which in turn permits 
operating with small amplitudes. The contact mode in liquid is trivial and similar to the contact 
mode in air. The tapping mode in liquid, however, is preferred to contact mode since the lateral 
forces, due to dragging of the tip on the sample, are nearly eliminated. In order to protect the 
piezo scanners of AFM, in liquid, scanning requires additional accessories such as liquid cell and 
a special cantilever holder, and in general is more demanding in terms of preparation and 
experimental procedure.   
1.4 Application of AFM to Biological Materials 
Biological materials often have several levels of hierarchy, which extend from tissue 
level to well below nm100~  in length scale. Each level of hierarchy often adds a new aspect to 
the overall properties, and should be exclusively characterized at that particular length scale. 
Biological materials are traditionally studied by optical microscopy. Applying AFM to biological 
samples provide the ability to obtain images with resolution beyond that obtained by optical 
microscopy, which is limited by diffraction of light to nm200~ . In addition to imaging, AFM 
can be also used to measure elasticity and viscoelasticity of biological samples [14-16]. A sharp 
AFM tip could indent soft samples with nanometer resolution. Furthermore, the small 
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dimensions of the AFM tip ( nm5010 − ) enable the application of a local electric field on a 
sample. This powerful capability could be used for the characterization of piezoelectric behavior 
at the nanoscale. All these methods could be operated under liquid and in physiological 
conditions. Specifically the combination of high resolution imaging and operation under 
physiological conditions makes AFM a unique tool for the investigation of living cells.  
Elastic modulus is the main property obtained from nanomechanical measurement using 
AFM. The elastic modulus could vary from GPa10~  for bone, to GPa1~  for collagen fibrils, 
and kPa1001−  for living cells [14]. First applications of AFM to biological samples include 
obtaining elastic properties on bone [15], cartilage and living cells [16].  The first measurement 
of elastic properties of living cells was reported by Weisenhorn et al. [16]. The first imaging of 
living cells was reported by Hoh and Schoenenberger [17], which was obtained in contact mode. 
The first tapping mode AFM images of living cells was captured by Putman et al. [18]. The main 
objective of studying electromechanical behavior in biomaterials is to understand the relationship 
between the mechanical stress and the resulting endogenous electric field. Piezoelectric 
properties for inorganic materials such as quartz or zinc oxide are measured in single-crystal 
samples, making the obtained properties rather insensitive to the length scale. Hierarchical 
structure of most biological materials such as bone and tendon necessitates studying these 
properties at each level of hierarchy. Specifically for bone at the sub- nm100  length scale, which 
is the relevant length scale for its building blocks such as collagen fibrils and mineral 
nanocrystals, systematic experiments are required. The first study on piezoelectricity at the 
nanoscale in bone was reported by Halperin et al. [19], which later was extended to tooth 
samples [20]. Until now, however, no systematic studies are reported for piezoelectric effects in 
isolated collagen fibrils and their role in piezoelectricity of bone.  
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The overall objective of this dissertation is to extend application of atomic force 
microscopy methods to biomaterials by revealing important properties of these materials through 
the increased resolution achieved by improvements in the applied techniques.  Static and 
dynamic nanoindentation was used to study nanomechanics of bone and isolated collagen fibrils. 
Similarly piezoresponse force microscopy was used to investigate electromechanical behavior of 
these biological materials with nanometer resolution. Furthermore, operation of AFM in liquid 
was improved by introducing a nanoneedle-based method, which using small dimensions of a 
nanoneedle, provided an intrinsic high-Q for high resolution tapping mode imaging in liquid.   
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CHAPTER 2  
Characterization of Nanomechanics of a Single 
Collagen Fibril and Cortical Bone 
2.1 Introduction  
Considering nanometer imaging resolution and pico-Newton force sensitivity capability, 
AFM has been extensively used to probe nanomechanical properties of nanostructures. 
Specifically, nanoindentation with AFM has emerged as a powerful technique in the assessment 
of local nanomechanical properties of thin films and one-dimensional nanostructures such as 
nanotubes and nanowires.   In this chapter the static and dynamic nanoindentation techniques 
were applied to probe the nanomechanics of individual collagen fibrils and cortical bone 
samples. High resolution elasticity and damping maps were obtained for a single collagen fibril 
and cortical bone, with a resolution of nm108~ − , and nm1510~ − , respectively.  This high 
resolution maps resolved the significant difference in elastic and energy dissipation properties of 
the gap and the overlap regions within the D  period of a collagen fibril and, thus, the significant 
mechanical heterogeneity in axial direction of a collagen fibril. Furthermore, the results revealed 
that such nanomechanical heterogeneity in single collagen fibril holds for collagen fibrils in bone 
and might be relevant to excellent toughness of bone.  
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2.2 Collagen Fibrils and Cortical Bone 
Type I collagen, as a structural protein, is the most abundant protein in mammals. Collagen 
fibrils, through formation of bio-composites and modification of hierarchical structures, provide 
mechanical stability, toughness, and strength in tissues with different mechanical requirements, 
such as bone, tendon, dentin, skin, and cornea [21]. The diameter of a single collagen fibril 
varies based on the specific tissues and could be from several tens of nanometers to micrometer 
range [22]. Tropocollagen or collagen molecule, as the structural subunit of a collagen fibril, 
consists of three left-handed polypeptide helices (α -chains) wrapped around one another in a 
right-handed fashion [23-24]. A distinctive feature of collagen fibril is the arrangement of amino 
acids in each collagen subunit. Each α-chain is composed of a series of triplet sequence 
YXGly −− ,where X and Y are often proline and hydroxyproline [23-25]. Glycine (Gly), as the 
smallest amino acid, has only one hydrogen atom as side chain pointing into the center of the 
triple helix and is repeated every third amino acid in the sequence. Proline and hydroxyproline, 
having a ring in their amino acid structure, give rise to the rigidity and stability of the triple helix 
structure [23-24]. Hydrogen bonds stabilize three chains together [24]. Each collagen molecule is 
nm300~
 in length and nm5.1~  in diameter and has two ends, COOH  terminal (or the 
−C terminal) and 2NH  terminal (or the −N terminal) [23-24, 26]. To form a fibril, molecules 
associate laterally by electrostatic and hydrophobic interactions, and covalent cross-links [22, 27-
29] in a fashion so that each molecule is displaced one quarter of its length ( nmD 67~ ) in 
respect to the adjacent molecule (this quarter stagger arrangement is shown in Figure 2.1c). Such 
an arrangement results in gap zones ( D6.0~ ) and overlap zones ( D4.0~ ) where the gap region 
has %20  less packing density than the overlap region and, in an AFM image, appear as discrete 
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bands (Figure 2.1a). The covalent cross-links are formed in the overlap region between the 
carbonyl groups and other amino acids of adjoining molecules (mostly lysine and hydroxyl-
lysine). Insolubility of collagen fibrils is believed to be due to these covalent cross-links [25]. It 
is suggested that these covalent cross-links create a networked rope structure in a collagen fibril 
and enable the molecules to transmit mechanical forces to the neighboring molecules [30-31].  
The ability of a collagen fibril to adopt different mechanical properties in different tissues is 
partly attributed to the special properties of the gap and overlap regions. It is believed that stiff 
mineral nanocrystals in bone are nucleated specifically in the gap regions [32-33]. Cell 
membrane integrins ( 12βα integrins) attach specifically onto the more flexible regions in the 
collagen fibril in extracellular matrix, providing the structural basis for mechanochemical 
transduction [34]. Most proteoglycans have a pronounced preference to bind non-covalently, but 
specifically to the gap regions, and link fibrils together into an in-registry parallel order in tissues 
such as tendon [35-37].  Such observations bring about the importance of revealing the different 
mechanics and chemistry of the gap and overlap regions in collagen fibrils. Figure 2.1a shows a 
tapping mode topography image of a single isolated collagen fibril with a diameter of nm85~  
(Figure 2.1b) on Si substrate. The nm67~  characteristic banding pattern of gap-overlap regions 
is apparent in the image (Figure 2.1b). 
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Figure 2.1 (a) AFM topography image of a collagen fibril with nm85~  diameter. The image 
scan size is mµ2 . (b) A line profile along the axial direction showing the characteristic banding 
(a) 
(b) 
(c) 
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Figure 2.1 (cont'd) pattern (top) and a line profile along the lateral direction showing the height 
profile (bottom). (c) Schematic showing the quarter-stagger arrangement of collagen molecules 
in axial direction of a collagen fibril and the gap and overlap regions as indicated.  
 
Cortical bone at the nanoscale is a nanocomposite made up of mineral hydroxyapatite 
(HA) nanocrystals ( %65~ in mass) and organic collagen fibrils ( %35~ ) [32, 38-39]. Bone is a 
complex structure and has up to seven levels of hierarchy, namely, whole bone, spongy vs. 
compact bone, osteons, fibril array patterns, fibrils array, mineralized collagen fibrils, and the 
major components (collagen fibrils  with nm100~  in diameter and HA nanocrystals with 
several nm in thickness) [32]. These levels of hierarchy span length-scales from m  down to nm , 
making bone a hierarchical and multiscale composite that has matching structure to function. 
Figure 2.2 depicts a high resolution AFM amplitude image of cortical bone sample, where 
individual collagen fibrils are apparent in the image and are randomly oriented.   
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Figure 2.2 AFM amplitude image of cortical bone showing collagen fibrils randomly orientated 
on the bone surface.  
 
2.3 Nanoindentation 
2.3.1 Static Nanoindentation 
Static nanoindentation with AFM is based on a force-distance curve, which plots the tip-
sample interaction forces vs. tip-sample distance [9]. When the AFM cantilever approaches a 
sample surface, at the moment the gradient of the attractive van der Waals forces becomes larger 
than the effective spring constant of the cantilever, due to instability of the cantilever, the tip 
jumps into contact with the surface (Figure 2.3a).  After the jump into contact, further extension 
of the Z-piezo causes bending of the cantilever and increases the force on the sample. Upon 
retraction from the surface, the capillary forces exerted by the thin layer of water causes the 
second instability, “jump-off-contact”, in the cantilever (Figure 2.3a). The product of the 
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stiffness of the cantilever and the jump-off-contact deflection gives the value of the adhesion 
force.  This hysteresis can be greatly reduced in liquid environments due to the elimination of the 
capillary forces.  
 
 
 
Figure 2.3 (a) Schematic of a typical AFM force-distance curve showing the jump-into-contact 
and jump-off-contact in approach and retraction, respectively, and (b) force-distance curve on a 
(a) 
(b) 
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Figure 2.3 (cont'd) rigid surface vs. a deformable surface, with the corresponding deformation 
of the sample surface (δ ). 
 
In static nanoindentation, the AFM tip is positioned on the sample surface and is 
displaced against the surface; a force-displacement curve recording the cantilever deflection (i.e., 
the indentation force) and tip displacement is acquired. A reference force-distance curve is first 
acquired from a rigid sample (thus assuming non-deformable under the applied load) with the 
AFM probe (Figure 2.3b). On a rigid substrate (often Si) the advance of the piezo tube is fully 
converted to the deflection of the probe cantilever, whereas on a deformable substrate, part of the 
displacement of the piezo-tube is converted to the deformation of the surface. In this case, the 
deformable sample and the AFM probe act as two springs in series. The net indentation 
deformation of the sample is obtained by subtracting the acquired indentation curve from the 
sample with the reference nanoindentation curve. In this manner, the force-deformation curve for 
indentation of the sample is obtained. From the force-deformation curve, using proper contact 
models such as Hertzian contact model [40], Johnson-Kendall-Roberts (JKR) model [41], and 
Derjaguin-Muller-Toporov (DMT) model [42] elasticity of the sample could be obtained. We 
note that in most commercial AFM systems, the probe cantilever makes an angle of oo 1210~ −  
with the horizon plane and the applied force is non-vertical. The AFM-based nanoindentation 
method is thus not suitable for quantitative studies involving large indentation deformation. 
2.3.2 Dynamic Nanoindentation 
The dynamic nanoindentation or force modulation with AFM [43], similar in principle to 
the classic dynamic mechanical analysis method for measuring viscoelastic properties of 
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materials [44], extracts both the elastic and the viscoelastic properties of materials with 
nanoscale spatial resolution. In dynamic nanoindentation, a small harmonic signal (the drive 
signal) at a low frequency ( kHz1< ) is externally applied onto the Z-piezo element in AFM 
operated in normal contact mode ( )(sin10 tZZZ ω+= ; Figure 2.4). While the AFM tip is always 
engaged and a constant average force is applied on the sample surface in the normal contact 
mode, the drive signal modulates the base movement of the AFM cantilever (so the drive 
amplitude) and thus modulates the force applied onto the sample surface from the AFM probe. 
The resulting modulation of the AFM cantilever deflection ( )(sin10 φω ++= tddd ) contains 
both the elastic deformation information (in the deflection amplitude of the AFM cantilever, 1d ) 
and the viscoelastic information (in the phase difference between the oscillation of the AFM 
cantilever and the drive signal,φ ) of the sample [45-47]. The deflection amplitude and the phase 
shift could be demodulated in real time from the deflection signal of the cantilever with a lock-in 
technique. 
Dynamic nanoindentation with AFM could be used to obtain nanoscale images of the 
viscoelasticty of the sample surface by scanning the tip over the sample. In this mode, the 
deflection amplitude and the phase shift images are constructed and displayed simultaneously 
with the contact mode topography image of the studied surface by feeding the demodulated 
signals back into the AFM system through the available input channels. A deflection amplitude 
image reveals variation in elastic properties across sample surface. Softer regions in the sample 
deform more under the same indentation force from the AFM tip, which in turn means that the 
deflection amplitude of the AFM cantilever is less under the same drive amplitude. Similarly, a 
phase shift image shows the difference in viscoelastic properties across the sample surface [45-
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47]. Sample regions with larger mechanical damping induce larger phase shift due to the 
nonlinear viscoelastic behavior in such regions (Figure 2.4). 
 
 
Figure 2.4 Schematic of dynamic nanoindentation (force modulation) technique. On a softer 
region of the sample the deflection amplitude of the cantilever is less than the modulation 
amplitude and the difference is the indentation into the sample.  Similarly, larger phase shift is 
obtained on sample regions with larger mechanical damping.  
 
2.4 Literature Review 
As the most abundant structural protein, there are numerous nanomechanical studies on 
single collagen fibrils. Wenger et al. [48] measured the reduced elastic modulus of single 
collagen fibrils from rat tail tendon using AFM-based nanoindentation in air and at room 
temperature to be GPaGPa 5.115 − . They also confirmed the anisotropic nature of a collagen 
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fibril deduced from non-uniform surface imprints of nanoindentation. In a similar study, collagen 
fibrils extracted from tissues of the inner dermis of the sea cucumber were probed in radial 
direction using AFM and values of GPa21 −
 
were reported [49]. Under micromechanical 
bending of sea cucumber collagen fibrils no correlation was found between the bending modulus 
and the fibril diameter between nm12040 −  [50]. Applying micromechanical bending using 
AFM, bending moduli ranging GPa9.31−  and shear modulus of MPa233 ± were reported for 
collagen fibrils from bovine Achilles tendon in air. In PBS buffer, the bending and shear moduli 
reduced to GPa17.007.0 − and MPa39.2 ± , respectively [51]. Two orders of magnitude 
smaller, shear modulus with respect to the bending modulus is an indication of mechanical 
anisotropy in collagen fibrils. It has also been reported that cross-linking in a collagen fibril does 
not affect its bending modulus significantly, however, the shear modulus changes to MPa474 ±  
in air and  to MPa24.3 ± in PBS [51]. In a similar study of micromechanical bending of collagen 
fibrils spanned over PDMS microchannels, Young’s modulus of GPa4.54.1 −  was reported 
[52]. It has been reported that hydration of collagen fibrils from bovine Achilles tendon 
decreases the indentation modulus by three orders of magnitude from GPa9.1~ to MPa2.1~
 
[53]. Tensile test using a MEMS (micro-electromechanical systems) actuator was conducted to 
obtain stress-strain behavior of partially hydrated collagen fibrils from sea cucumber. Fibrils 
with diameter ranging from nm470150 −  showed a small strain ( 09.0<ε ) modulus of 
GPaE 45.086.0 ±=  [54]. Strain softening was observed for strains as high as %100 , and 
GPayield 22.0~σ and 21.0~yieldε was obtained [54]. Tensile test was also conducted by attaching 
one end of a single collagen fibril to an AFM cantilever and another end to a glass substrate in a 
novel experiment [55]. Collagen fibrils from bovine Achilles tendon showed reversible tensile 
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behavior up to MPa90~σ and MPa15~σ  in air and aqueous medium, respectively. Young’s 
modulus in this reversible behavior was GPa72 −  and GPa8.02.0 − in air and aqueous media, 
respectively [55].  
Previous mechanical studies mentioned above, however, have mostly aimed only at 
providing bulk mechanical properties of a collagen fibril and have not directly resolved the 
mechanical heterogeneity in the gap-overlap regions. Heterogeneity in mineralized collagen 
fibrils and the effect of demineralization have been investigated only recently, using static 
nanoindentation [56].  In these experiments, acid etching was performed on mineralized collagen 
fibrils in dentin.  After etching for s240 , elastic moduli in the gap and overlap regions were 
MPa400200 − and MPa800500 − , respectively [56]. Alternatively, X-ray scattering studies of 
collagen fibrils in their natural state or under tensile deformation have revealed the structure of 
the gap-overlap regions with ever increasing details, and provided valuable insight into 
understanding the deformation mechanism of collagen fibrils [29, 57-59]. The quantitative and 
direct experimental validation of the correlation between the structural and mechanical 
heterogeneities in a collagen fibril, however, has not been fully established. 
Similarly, nanoindentation has been used to assess the nanomechanical properties of bone 
samples. In early studies, variation in indentation modulus ( GPa2515 − ) and hardness 
( GPa74.052.0 − ) in bone, correlating with its microstructural features (osteons, trabeculae and 
interstitial lamellae) and orientation, was reported [60]. For cortical bone, mechanical 
heterogeneity at osteon level was revealed using nanoindentation [61]. Within a single lamella 
mµ75~ −  in thickness, indentation modulus showed a periodic variation between GPa24~  
and GPa27~ . In a more recent study, mechanical properties of cortical bone was investigated 
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using nanoindentation technique and it was shown that there is an elaborate pattern of stiffness 
ranging from GPa302~ − [62]. A new energy dissipation mechanism was proposed based on 
the nanomechanical heterogeneity supported by a computational model stating that the 
heterogeneity results in a non-uniform inelastic deformation over larger areas with respect to a 
homogeneous material [62].  However, in these studies the resolution achieved in heterogeneity 
in elastic properties was limited ( nm100> ) due to discrete nanoindentation points and in general 
did not result in a continuous map of heterogeneity on bone surface. In this chapter, dynamic 
nanoindentation using AFM was applied to obtain high resolution elasticity and damping map on 
cortical bone sample. The results reveal nanomechanical heterogeneity down to subfibrillar 
structure of a single collagen fibril.  
2.5 Materials and Methods 
2.5.1 Sample Preparation 
Type I collagen fibrils prepared from bovine Achilles tendon (Sigma-Aldrich) were used 
in this study. About mg10  of the extract was mixed with mL20~  of M01.0 sulfuric acid and 
was stored overnight in refrigerator at below Co4 . The dispersion was shred by a blender for 
min10~  at Co0 to produce individual collagen fibrils [55, 63]. Different concentrations were 
made by adding phosphate buffer saline (PBS). A Si chip cleaned by ethanol and deionized water 
was dipped into the final solution to collect collagen fibrils on its surface. The Si surface was 
then rinsed with deionized water several times to wash out the loosely attached collagen fibrils 
and precipitated salt crystals from the PBS solution. The substrate was then allowed to dry at 
room temperature. In addition, thin cortical bone samples dissected from animal subjects were 
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prepared for AFM study. The bone samples were first polished by fine sand papers, then partially 
demineralized by dipping in a diluted phosphoric acid to expose the surface collagen fibrils, and 
washed several times with PBS buffer [64]. 
2.5.2 AFM Characterization and Calibration 
Throughout this study, a Dimension 3100   AFM (Veeco Instruments Inc.) with a 
Nanoscope IV  controller equipped with a signal access module, a function generator (Stanford 
Research System 340DS ), a lock-in amplifier (Signal Recovery model 5210 ), and a data 
acquisition system (National Instruments) was used for the measurements. For nanoindentation, 
silicon AFM probes (MikroMasch) with a resonance frequency of kHz75~  were used 
throughout the study. For quantitative characterizations, the spring constant of the AFM 
cantilever was calibrated. There are several methods for calibration of the AFM cantilever 
including forced vibrations, thermal noise method, loading by a cantilever with a known spring 
constant, and the added mass method [65]. In this study the thermal noise method was used to 
obtain the value of the spring constant of the cantilever [66].  This method takes advantage of the 
equi-partition theorem for a cantilevered beam: TKzk >=< 2 , where k is the spring constant of 
the cantilever, >< 2z is the mean square deflection of the cantilever due to thermal fluctuations, 
K
 
is the Boltzmann constant, and T  is the temperature of the environment [67]. In this method, 
the thermal noise of the cantilever is transformed from the time domain to the frequency domain 
and the response is fitted with a Lorentzian function. The average spring constant of the 
cantilevers used in nanoindentation in this research was determined to be mN /1.4~ . 
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Since the AFM probe-tip has a finite size radius, the acquired image with AFM is a 
convolution of the geometry of the tip and the topography of the surface features. This effect, the 
so called “probe-broadening” causes the in-plane dimensions of the features of the sample to 
look wider than actual values. To account for this broadening and to obtain an exact value for the 
dimension of the tip for quantitative elasticity measurements, calibration standards were used. 
The calibration standard is a thin film having ultra-sharp spikes ( nm5< ) on the surface. The 
reverse imaging of sharp spikes provided a direct topographic mapping of the very end of the 
AFM tip from which the shape of the tip end and its radius of curvature were obtained [68-69].  
An image obtained from this calibration grid with an AFM tip with a nm40~  in radius is shown 
in Figure 2.5. 
  
 
Figure 2.5 A reverse AFM image obtained by imaging sharp calibration spikes. 
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From geometrical considerations, when a tip with a radius of curvature tipR  images a 
smaller feature, the radius of the curvature of the AFM tip ( tipR ) is that of a truncated sphere, 
which could be obtained from the apparent width ( w ) and height ( h ) of the feature.  
 
 
Figure 2.6  (a) Schematic showing the reverse imaging of sharp spikes by AFM tip, and (b) the 
apparent  height and width of the features obtained by imaging for calculation of the radius of the 
tip [68].  
  
h
hwRtip 2
)()2/( 22 +
=
        2.1 
Calculating the tip radius for several features, this equation provides an upper bound for the 
radius of the tip. In this study, the radius of curvature of the tip was determined to be nm427 ± . 
2.5.3 Experimental Procedure 
All nanoindentation measurements were carried out at room temperature in a controlled 
humidity of under %12  by enclosing the AFM scanning system inside a sealed environment 
regulated with the flow of dry nitrogen gas. Collagen fibrils were imaged first with the tapping 
(a) 
(b) 
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mode AFM to examine the overall quality of their characteristic banding pattern or any structural 
damage that originally existed or was induced during the preparation process. After identifying a 
candidate collagen fibril with high quality along its entire length, the AFM was switched to 
contact mode to carry out the static and dynamic nanoindentation experiments (Figure 2.7). No 
proteoglycan or other protein contents were noticed in the AFM imaging on collagen fibrils. In 
the measurements, the drive amplitude and the spring constant of the AFM cantilever were 
selected to limit the indentation depth to below nm3  for preventing unintended damage to the 
fibril surface, and to probe the near surface mechanical properties. The time constant of the lock-
in amplifier was set to ms10  to avoid the signal cross-coupling between the neighboring pixels 
during the image data acquisition at a scan rate of Hz1.0 and at a resolution of 256 pixels/ line. 
 
 
Figure 2.7 Schematic of the dynamic nanoindentation on a single collagen fibril, on the gap and 
overlap regions.  
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2.6 Results  
Figure 2.8 shows the corresponding high resolution dynamic nanoindentation deflection 
amplitude and phase shift images acquired from a single collagen fibril with a nm75~
 
in 
diameter. In the deflection amplitude image (Figure 2.8a), the Si surface around the collagen 
fibril showed, as expected, uniform bright contrast, indicating little indentation deformation, 
while the collagen fibril was overall in darker contrast, with the gap and overlap regions showing 
different levels, meaning reduced deflection amplitude and different elastic deformation in these 
regions. A line scan obtained from Figure 2.8a, as shown in Figure 2.8c, showed more clearly 
this variation in elastic deformation with the overlap region having a larger deflection amplitude 
and thus being stiffer than the gap region. Similarly, there existed a clear difference in the degree 
of phase shift in the gap and overlap regions as seen in Figure 2.8b and in the plot (Figure 2.8c), 
suggesting different mechanical damping responses in these regions. (In the phase shift image, 
lighter contrast represents a smaller phase shift.) On average, the overlap region had a larger 
phase shift ( rad03.0~  more) than the gap region, indicating larger mechanical damping. The 
specific identification of the gap and overlap regions in the deflection and phase shift images was 
made by comparing the images with the topography image acquired simultaneously in the 
experiment. The resolution achieved for elasticity measurement using dynamic nanoindentation 
on single collagen fibrils was nm108~ − , indicating the extreme sensitivity of the dynamic 
nanoindentation.   
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Figure 2.8 Acquired images showing the (a) deflection amplitude, and (b) the phase shift in 
dynamic nanoindentation along an nm75~  diameter collagen fibril on a Si substrate, revealing 
the variation of elastic deformation and the difference in energy dissipation response, 
respectively. The scan size in both images is mµ2 . (c) The corresponding line scans over four 
D  periods showing the deflection amplitude and phase shift variations [70]. 
 
To further quantify the mechanical heterogeneity in collagen fibrils, static 
nanoindentation measurements at different surface locations along a center line parallel to the 
long axis of a collagen fibril was carried out (an example is shown in the inset in Figure 2.9). It 
was found that under small forces ( nN100~< ) no indentation mark was left on the collagen 
(a) 
(b) 
(c) 
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fibril, which made locating the exact position of the indentation, whether on gap or on overlap 
region, difficult. To be able to locate the exact indentation spot, larger forces was applied. For 
extracting the elastic information, however, only the initial portion of the force-indentation curve 
( nN30<
 
in indentation force and %5<  of the fibril diameter in indentation depth) was 
analyzed. In this indentation range, it was found that the mechanical deformation in the collagen 
fibrils was elastic. The exact points of indentation were identified from the residual indentation 
footprints and were categorized into three regions: the overlap region, the gap region, and the 
boundary region between the gap and overlap regions. The force-indentation curves were then 
accordingly grouped. The gray areas in Figure 2.9 show the corresponding envelopes of the 
force-indentation curves from the 13  measurements on the different overlap regions and the 15   
measurements on the different gap regions, respectively. The difference in elastic response in 
these two regions is evident.  
To gain a quantitative estimate of this difference, the response envelops were 
approximately fitted based on the Hertzian contact model with the sample elastic modulus as the 
only fitting parameter. Hertzian contact theory describes contact of two elastic bodies with 
corresponding principal radii of curvature at the point of the contact [71]. For a spherical body, 
two principal radii are the same ( sphereR ) and for a cylindrical body, one radius of curvature is the 
radius of the cylinder ( cylinderR ) and the other radius is infinity. AFM probe is modeled as a 
spherical indenter having a radius of curvature tipR  , as previously calibrated. The collagen fibril 
is modeled as a cylindrical elastic material with its axis parallel to the indentation plane, and its 
radius collagenR  measured from the AFM topography image. The indentation deformation δ  under 
an indentation force F is [71] :   
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with υ  indicating the Poisson’s ratio and E  the elastic modulus; )(kK ′  and )(kE ′  are the 
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Figure 2.9 Force-indentation curves acquired from different locations on a nm82~  diameter 
collagen fibril with the static AFM nanoindentation. The left and right gray-shaded areas envelop 
the 13  curves acquired on the overlap region and 15curves on the gap region, respectively. The 
black lines in the shaded areas are approximate fits with the Hertzian contact model, providing 
an average elastic modulus GPa2.2~  for the overlap region and GPa2.1 for the gap region. 
The inset shows the footprints of the indent marks along a surface center-line on the studied 
collagen fibril [70]. 
 
The fitted curves (the dark lines within the gray areas in Figure 2.9) provided an elastic 
modulus of  GPa2.2~  for the overlap region and GPa2.1~  for the gap region. It is noted that, 
based on the contact theory, the diameter difference between the overlap and gap regions in the 
collagen fibril (only about nm42 −  measured from the acquired AFM topography images) 
accounts for less than %1  of the measured difference in elasticity between these regions. This 
static nanoindentation result is in agreement with the result from the previous dynamic 
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nanoindentation mapping showing the overlap region being elastically stiffer than the gap region 
and validates the heterogeneous variation of elasticity along the length of a single collagen fibril. 
It is also noted that a small variation in tip radius of curvature used for the analysis does not 
significantly change the obtained elastic moduli. For example, varying the tip radius of curvature 
from nm20  to nm35  in the contact model analysis changes the elastic moduli from GPa06.1  
to GPa3.1 and from GPa2   to GPa48.2  for the gap and overlap regions, respectively. 
2.7 Discussion 
2.7.1 Structural Origin of the Subfibrillar Mechanical Heterogeneity in Collagen 
Fibrils 
To elucidate the measured difference in elasticity and mechanical damping between the 
gap and overlap regions, the structural arrangement of collagen molecules within a collagen fibril 
is considered. A microfibril ( nm4~
 
in diameter) consisting of five quarter-staggered collagen 
molecules is considered to be the building block of a collagen fibril [30, 72-73]. At an nN30~  
indentation force, which is the maximum force in the analysis of the experimental result in this 
study, the maximum contact area is an ellipse of 22010~ nm×  estimated from the Hertizan 
contact model, which overlays several microfibrils. Therefore, considering the structural 
organization of a microfibril is relevant to the interpretation of the experimental data.  
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Figure 2.10 Schematic showing the structural arrangement of the collagen molecules in the gap 
and overlap regions in (a) a collagen fibril, and in (b) a microfibril, for example, the common 
path of the molecules in the overlap region and the rather disorder and kinked molecules in the 
gap region. (c) The structure of a type I collagen microfibril constructed directly from the X-ray 
diffraction measurement, adapted from  reference [30]. 
 
At the outset, a %20  difference in elasticity is expected due to less packing density by 
missing one molecule per microfibril in the gap region compared to the overlap region. The 
packing density alone, however, cannot explain the significant difference in elasticity ( %100 ) in 
the gap-overlap regions revealed in the experiments. Based on the newly resolved X-ray structure 
of collagen microfibril, it is suggested that collagen molecules are parallel and tightly packed in 
the overlap region, but form a rather randomly kinked network in the gap region [29-30], as 
schematically depicted in Figure 2.10. As such, each molecule must have several kinked regions 
[59]. It has also been suggested that such kinks might occur in the gap region of the collagen 
fibril due to reduced packing density and also lower levels of proline and hydroxyproline [57]. 
(c) 
(b) 
(a) 
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Furthermore, it has been suggested that regions devoid of proline and hydroxyproline are the 
more flexible regions of the collagen chain, and are predicted to form folds in the collagen 
molecule that can unfold when stretched [74-77]. The low packing density and the existence of 
kinks make the gap region understandably softer and more deformable when compared to the 
overlap region, while in the overlap region the rigid covalent cross-links at two ends of the 
overlap region [22-23] make the region additionally stiffer. The 2~ -fold difference in elastic 
modulus within the collagen fibril of tendon, however, is still quite significant considering the 
lack of any previous direct measurements or modeling data. It strongly implies that the existence 
of various structural folds might be a major factor in determining the overall mechanical stiffness 
of the gap region. Due to the finite size of the AFM tip and the expected load transfer through the 
peptide backbone during the nanoindentation measurement, the analysis could well overestimate 
the modulus for the softer (gap) region and underestimate the stiffer (overlap) region. The exact 
difference in mechanical stiffness between the gap and the overlap regions might be larger and 
the obtained 2 -fold difference in relative stiffness is an underestimation. Another rather 
interesting result from the study is the observation of higher energy dissipation (or mechanical 
damping) in the overlap region compared to the gap region, as obtained from dynamic 
nanoindentation. The result bears two meanings. On one hand, it means that the gap region, 
though soft and with kinks, is overall an integral structure elastically responsive to mechanical 
deformation through its structural network as a whole. On the other hand, there exist certain 
energy dissipation mechanisms unique to the overlap region that play dominant roles in dynamic 
deformation. One such mechanism may involve the sliding and friction between collagen 
molecules. As discussed in other studies, even though the collagen molecules in the overlap 
region are well aligned and closely packed, they are mostly bonded together by weak 
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electrostatic or hydrophobic interactions except for several covalent cross-links near the ends of 
the overlap region [27-29]. The weak interaction between the close-packed molecules may 
facilitate breaking and reformation of such weak bonds under oscillatory mechanical 
deformation in the experiment, allowing augmented energy dissipation in the form of sliding and 
friction between the molecules. The deformation and energy dissipation mechanisms revealed in 
this study is in agreement with what has been postulated for collagen fibrils from previous tensile 
deformation studies of tendon. Such studies have suggested that three deformation modes may be 
involved in a collagen fibril under tension, namely, molecular elongation through direct stretch 
of the molecules, increase of the length of the gap regions, and the relative sliding between 
adjacent molecules [78-80]. Experiments have indeed found that only %10  of the applied 
macroscopic strain on tendon causes direct stretching of collagen molecules and the other %90  
of the strain is accommodated by fibrillar and molecular slippage [74, 78]. More specifically, it 
has been suggested that the heel region in the stress-strain curve acquired from the synchrotron 
X-ray diffraction based tensile test of tendon tissue may be due to the straightening of molecular 
kinks in the gap regions [57, 59]. Alternating soft and stiff regions give collagen fibrils enormous 
flexibility in adapting themselves to different requirements in mechanical strength and toughness 
in different tissues. The structure resembles spring-dashpot pairs in series with different spring 
constants and dashpot coefficients. Under an ordinary mechanical load, the gap region would 
mostly accommodate the deformation through the extension and retraction of the kinks; hence, it 
would translate little to the direct stretching of collagen molecules. Such hierarchy and 
heterogeneity mediate passing of smaller fractions of the mechanical strain to lower levels, and 
thus increase the durability of the impacted tissue. For example, one of the major functions of 
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tendon is to transmit and store energy produced by muscle, which would require the reversible 
stretching of collagen fibrils with sufficient mechanical durability [81]. 
2.7.2 Nanomechanical Heterogeneity of Collagen Fibrils in Bone  
Another implication of this hierarchical and heterogeneous structure in collagen fibril can 
be seen in the microstructure of cortical bone. It is reported that stiff apatite crystals 
( GPa100~ ) in bone tend to deposit in the gap region [32-33] to increase its stiffness, which in 
turn increases the overall stiffness of the collagen fibril without sacrificing the toughness 
regulated by the energy dissipation mechanisms [82-83]. It has been further proposed that 
nanoscale heterogeneity promotes energy dissipation in bone [62]. In this study, dynamic 
nanoindentation mapping on a thin cortical bone surface partially demineralized to reveal the 
surface collagen fibrils was performed [64, 84]. Surface maps revealing the elastic stiffness 
difference and the mechanical damping difference across the bone surface were obtained as 
shown in Figure 2.11, including the difference within even individual collagen fibrils, with a 
resolution of nm1510~ − . A similar map has been obtained on a dentin sample by 
nanoindenter, although in that study individual collagen fibrils were not resolved [85]. As shown 
in Figure 2.11b,c and more clearly in Figure 2.11d, the mechanical heterogeneity revealed 
previously within isolated single collagen fibrils of tendon persisted for the fibrils in bone. This 
indicates that the lowest level of hierarchy in terms of mechanical heterogeneity in bone and 
tendon might be the subfibrillar structure of each single collagen fibril. It is hypothesized that the 
coexistence of hard mineral nanocrystals and subfibrillar mechanical heterogeneity of collagen 
would extend the mechanical hierarchy in bone right down to the nanoscale [86].  
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Figure 2.11 AFM dynamic nanoindentation mapping of a bone sample surface showing (a) the 
topography image, (b) the dynamic nanoindentation amplitude image, (c) and the dynamic 
nanoindentation phase image of the same region in the bone sample. (d) A smaller scan size 
phase image in (c) reveals better the individual collagen fibrils in bone and the mechanical 
heterogeneity within. (e) A line profile over a collagen fibril marked in (d) shows the periodic 
variation of the mechanical damping capacity with a period of nm7060~ − .  
(a) (b) 
(c) (d) 
(e) 
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In this study, air-dried collagen fibrils and bone samples were used to avoid the 
complications that may arise due to the presence of water. It has been shown, as expected, that 
upon drying the elastic modulus of the collagen fibrils increases [48]. Therefore, the value of 
elastic modulus reported here is not indicative of that of collagen in vivo. However, the 
mechanical heterogeneity observed in such dry samples is intrinsic to the structural organization 
of the collagen fibrils and is expected to mostly remain even in samples at physiological 
conditions. Different structural models are also proposed for collagen fibrils including the core-
shell model where a collagen fibril is considered to be consisted of a softer core and a harder 
shell [87]. In this study, however, only the small indentation properties of the collagen fibrils 
were analyzed, and hence, the results are restricted to represent only the near-surface properties 
of such fibrils.  
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CHAPTER 3  
Characterization of Piezoelectricity in a Single 
Collagen Fibril and Cortical Bone at the Nanoscale 
3.1 Introduction  
Piezoelectricity, from the Greek word “piezo” or pressure, refers to the linear type of 
electromechanical coupling in certain crystalline materials. Out of 32  crystal classes, 21 crystal 
groups show piezoelectric effect and this effect disappears in 11 centro-symmetric crystal groups 
[88]. In direct piezoelectric effect upon application of a mechanical stress, an electrical potential 
is created on the surface of the material. In the converse piezoelectric effect, an applied electric 
field produces a mechanical deformation or strain in the material. This type of linear 
electromechanical coupling in certain crystalline materials has been shown to be one of the 
fundamental properties of biological tissues such as bone, skin, and tendon [89-92]. The first 
scientific observation of the piezoelectric effect in biological tissues dates back to 1941 [93]. It 
has been suggested that a cross-linked uniaxial system of well-ordered fibrous molecules, 
capable of being polarized in response to a shear stress, is responsible for this effect in biological 
materials [89]. It has further been postulated that the piezoelectric charges produced under stress 
in such materials may stimulate cellular response and thus the growth and remodeling of these 
tissues [38, 94-96]. More specifically, it is known that bone, tendon, and dentin show 
piezoelectric behavior at the macroscale [91-92, 97-98] and at the nanoscale [19, 99]. The 
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piezoelectric effect in bone has been suggested as the cause for Wolff’s law, which states the 
ability of bone to remodel itself under different load conditions [95, 100], although the direct 
experimental proof of that law is still elusive. Direct experimental studies have shown that 
nanocrystalline hydroxyapatite (HA), the major mineral component in bone, can precipitate on 
bone surface specifically due to the piezoelectric effect of bone [101].  
Bone at the nanoscale is a composite of hydroxyapatite (HA) nanocrystals ( %65~
 
in 
mass) and collagen fibrils ( %35 ) [38-39]. The centro-symmetric crystal structure of HA 
excludes it to be piezoelectric [38, 102]; in fact, it is has been shown that after decollagenation of 
bone no piezoelectric effect is observed [103]. The major contributor to the piezoelectricity in 
bone is therefore the collagen proteins. Accordingly, it has been suggested that the macroscopic 
piezoelectricity observed in these materials originate from individual collagen fibrils at the size 
scale of below nm100~  [103], although the direct verification of this cause is still elusive. Due 
to several levels of hierarchy in bone and tendon and the hierarchical microstructure of collagen 
in these tissues, systematic study tracing piezoelectricity is nontrivial. In addition, due to the 
existence of varying percentages of collagen and different orientations of collagen fibrils in 
macroscopic samples, extracting quantitative information about the piezoelectric response of a 
single collagen fibril is not straightforward. On the other hand, owing to the hierarchical 
structure of collagen, their importance as the most abundant structural protein in mammals as a 
major constituent of all extracellular matrices, and their numerous developmental and 
physiological functions [23, 25, 89], to find their electromechanical properties at the nanoscale is 
highly desirable.  
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In this chapter piezoelectricity of a single isolated collagen fibril was studied to 
unambiguously assess the piezoelectricity in collagen without any confinement effect from other 
surrounding materials. The electromechanical coupling properties at different relevant levels of 
hierarchy, from subfibrillar structure of a single isolated collagen fibril to the surface of a 
macroscopic-sized bone sample were probed using piezoresponse force microscopy (PFM) [104-
106]. Starting from a single isolated type I collagen fibril as small as nm50~  in diameter, the 
results reveal that the isolated fibril is predominantly a shear piezoelectric material [63]. In 
addition to being overall a piezoelectric material, it is in fact highly heterogeneous along its axial 
direction in its electromechanical property at the nanoscale. The results further reveal that this 
heterogeneity persists even in collagen fibrils embedded in bone, manifesting further the ubiquity 
of structural, mechanical, and now electromechanical heterogeneities in different size scales 
down to the nanoscale in such biological materials. 
3.2 Piezoresponse Force Microscopy (PFM) 
Piezoresponse force microscopy is a demonstrated technique based on atomic force 
microscope that allows the nanoscale characterization of the converse piezoelectric property of 
material of interest with extremely high sensitivity and spatial resolution [105-108]. Due to its 
high resolution and insensitivity to topography, PFM has been extensively used in imaging 
domain structure and domain evolution in thin ferroelectric films [109-110], and  in the 
characterization of ferroelectric and piezoelectric nanowires [111-112]. In PFM, a conductive 
cantilever is brought into contact with the surface of the material of interest under a constant 
force. An AC voltage ( )(sin0 tV ω ) is then applied between the cantilever and the grounded 
substrate (Figure 3.1).  The deformation of the surface of the sample, due to the converse 
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piezoelectric effect, often in picometer range, is detected by the cantilever. The induced signal on 
the cantilever ( )(sin0 φω +td ) is deconvoluted by a lock-in amplifier to amplitude ( 0d ) and 
phase (φ ) with respect to the input AC voltage. Amplitude of the PFM response is indicative of 
the strength of the peizo response and the phase signal is indicative of the polarization direction 
below the tip. Shown in Figure 3.1, the PFM setup consists of AFM system, extended electronics 
including a lock-in amplifier, and a function generator. 
 
 
Figure 3.1 Schematic of PFM setup, including AFM system, and extended electronics.  
 
PFM could be operated in vertical and lateral modes. In lateral PFM, the electric field-
induced shear deformation of the sample surface causes the lateral or torsional deformation of 
the cantilever, similar to friction measurement with AFM (Figure 3.2a). In lateral PFM, the 
cantilever must be scanned laterally with respect to its long axis. In vertical PFM the out-of-
plane deformation of the surface is registered through the transverse deflection of the cantilever 
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(Figure 3.2b). For quantitative PFM measurement the AC frequency of the applied bias must be 
away from the mechanical resonance frequency of the cantilever-sample contact in order to 
avoid an amplification effect due to contact resonance. This amplification effect, however, may 
be beneficial when qualitative PFM of weak piezoelectric materials is being measured. In 
vertical PFM in order to avoid possible interference of the electrostatic forces in the PFM 
signals, rigid cantilevers are used [90, 108]. The lateral PFM, however, due to the symmetric 
nature of the electrostatic interactions in PFM setup, is not susceptible to electrostatic 
interactions; therefore soft cantilevers could be used. In this study, PFM, operated in both 
vertical and lateral response mode, was applied to examine the piezoelectric response of isolated 
individual collagen fibrils along both their radial and axial directions, and to determine the 
polarization direction in such fibrils. 
 
 
Figure 3.2 Schematic of principles of image formation in (a) lateral PFM, and (b) vertical PFM.  
 
(a) (b) 
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3.3 Literature Review 
First observation of the piezoelectric behavior in bone was reported by Fukada and Yasuda 
in1957 [91].  They revealed direct and converse piezoelectric effect in dried bone samples cut 
from the femur. It was reported that piezoelectric effect appeared only when the collagen fibers 
are under shearing forces [91]. It was suggested that this piezoelectricity may have origin in 
crystalline nature of collagen in bone. This observation was confirmed later by other researchers 
[96, 113]. In addition to bone, researchers examined piezoelectric effect in tendon, which has 
highly aligned collagen fibers [92, 114]. The polarization or the displacement of hydrogen bonds 
formed in the polypeptide chains of collagen crystal was suggested as the origin of the observed 
piezoelectric effect [92]. It was found that bone and tendon have smaller piezoelectric constant in 
their wet state with respect to their dry state, since the ionic current neutralizes the piezoelectric 
polarization [98, 115]. Since then, piezoelectricity has been studied in bone, skin, teeth, and 
tendon extensively [38, 89, 91-92, 94-95, 104]. The piezoelectric constant in a dry state for bone 
is on the order of NpC /2.01.0~ − , for tendon, on the order of  NpC /21− , and for dentin and 
enamel in human tooth, NpC /03.0~  [92, 98, 116-117].  
At the nanoscale, PFM has been used to characterize piezoelectricity in bone and teeth [19-
20, 99, 104, 118]. Halperin et al. reported vertical piezoelectric effect in wet and dry human bone 
at the nanoscale ( NpC /8~ ), and no noticeable difference in piezoelectricity was observed 
between wet and dry bone samples [19]. Both lateral and vertical piezoelectricity in tooth dentin 
and enamel was reported and it was revealed that dentin shows higher piezoelectricity with 
respect to enamel [20]. Local hysteresis loops obtained show no inversion of strain sign upon 
application of DC bias, an indication of no ferroelectric effects in collagen, where the effective 
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piezoelectric constant was Vpmd local /25.015.0~ −  [20]. Combining vertical and lateral PFM 
signals, a method ( D2 vector PFM) was introduced to determine the molecular orientation in 
piezoelectric biomaterials [104]. Applying PFM to  chemically etched teeth samples revealed 
traces of protein micro-fibrils of nm200100 − wide and it was shown that PFM allows 
visualization and differentiation between organic and mineral components with nm5~  spatial 
resolution [99]. Applying PFM to protein inclusions as small as nm150
 
in tooth enamel 
resulted in an effective piezoelectric constant of Vpmd /5.25.1~ − [118]. For deer antler a 
piezoelectric value of Vpm /3 was obtained using PFM [119].  
3.4 Materials and Methods 
3.4.1 Sample Preparation 
Single collagen fibrils and cortical bone samples were prepared as described in chapter 2. For 
the PFM study, the Si surface was sputter coated with nm20~  gold to serve as the bottom 
electrode. Single type I collagen fibrils prepared from bovine Achilles tendon (Sigma-Aldrich) 
were dispersed on a Au-coated Si surface and allowed to dry at room temperature. Bottom 
surface and the corners of the bone sample were also glued onto a conductive substrate with 
silver paste.  
3.4.2 Experimental Procedure  
A Dimension 3100  AFM with a Nanoscope IV controller, equipped with an external lock-in 
amplifier (Signal Recovery model 5210 ) and a function generator (Stanford Research System 
340DS ), was used for the study. Pt-coated Si AFM probes (MikroMasch) with a flexural 
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stiffness of  mNkb /15.0~ , a torsional stiffness of mNkt /40~ , and a resonance frequency of 
kHz12~ were used throughout the experiment. The relative humidity of the environment was 
kept below %12  in all experiments. First, individual collagen fibrils were imaged in tapping 
mode AFM, and fibrils with typical periodic banding structure were identified. AFM was then 
switched to the contact mode for PFM measurement. Two operation modes of PFM, the vertical 
response mode and the lateral response mode, were used to study the piezoelectric response in 
collagen fibrils. In both modes, a harmonic AC voltage signal of kHz10  and V4  in peak-to-
peak amplitude was applied between the AFM probe and the grounded conductive substrate. 
This specific frequency was chosen to be well below the resonance frequency of the contact 
identified in a frequency sweep in order to minimize any interference from topography or 
elasticity variations in the sample surface to the PFM signal [120].  The modulated piezoelectric 
response from a collagen fibril resulted from the converse piezoelectric effect was then measured 
with a lock-in amplifier. Figure 3.3 depicts the general experimental setup and the coordinate 
system used in the study. Particularly for the lateral response mode PFM measurement, the 
substrate was rotated prior to the experiment to align the long axis of the studied fibril 
perpendicularly or parallel to the long axis of the AFM cantilever in order to study the in-plane 
shear piezoelectric deformation along the axial (along the 3X -direction) or the radial direction 
(along the 2X -direction), respectively. Both PFM image mapping and single point measurements 
were carried out. PFM image mapping of the acquired piezoresponse amplitude and phase 
signals over a collagen fibril was obtained by scanning across a region of interest with a scanning 
rate of Hz1.0 . For the single point measurement, AFM probe tip was positioned and engaged on 
top of the central axis of a collagen fibril before the measurement. In all measurements, the 
contact force during the PFM measurement was kept below nN3~ . Based on the experimental 
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results from the previous chapter, the indentation into collagen fibril under this force was 
estimated to be less than nm1 .  
 
 
Figure 3.3 Schematic of lateral mode PFM on an isolated collagen fibril and the assigned 
coordinate system.  
 
The piezoresponse amplitude signal measures the magnitude of the induced piezoelectric 
response in terms of shear deformation, and the piezoresponse phase signal records the polarity 
of the response. The piezoresponse curve on a collagen fibril was obtained at a point on the very 
top of the fibril surface while varying the amplitude of the electric bias from 0  to ppV5 .  
3.4.3 PFM Calibration  
In order to convert the voltage output signal from electronics to length units for quantitative 
PFM measurement, the deflection and torsioanl sensitivity coefficient ( Vnm / ) of the cantilever 
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was required. The out-of-plane deflection sensitivity was calibrated based on the standard 
analysis of the force curve acquired from pressing the AFM probe on a hard substrate. This out-
of-plane deflection sensitivity was measured to be nmmV /7.5~ . The in-plane sensitivity was 
calculated using the geometry of the AFM cantilever and the measured out-of-plane deflection 
sensitivity. It can be shown that 
h
LR
3
2
= , where R is the in-plane/out-of-plane sensitivity ratio, 
h is the height of the AFM tip, and L
 
is the length of the cantilever [121-122]. For the AFM 
probes used in this study, mh µ25= , mL µ460= , and hence 12~R , which yields an in-plane 
torsional twist sensitivity of nmmV /70~ . The radius of curvature of the AFM tip was 
calibrated through a deconvolution procedure based on the AFM image acquired from a tip-
calibration sample with the same tip and determined to be nm15~ .  
3.5 Results 
3.5.1 Piezoelectricity in Individual Collagen Fibrils 
In PFM measurements, no clear vertical piezoelectric response along the 1X  direction and no 
shear piezoelectric response along the 2X  direction for a collagen fibril were observed. The only 
non-zero piezo response was measured along the 3X  direction. Figure 3.4 shows the shear 
piezoelectric response of a collagen fibril ( nm80~ in diameter) measured with the lateral 
response mode PFM. The shear deformation along the axial ( 3X ) direction increases linearly 
with the increasing amplitude of the applied AC voltage signal, reflecting the piezoelectric 
nature of the electromechanical coupling (the first-order coupling) in the collagen fibril. The 
three overlapping responses shown in Figure 3.4 were acquired from the same local point on the 
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collagen fibril, demonstrating the reproducibility of the response. The slope of the line is 
ppVV /22~ µ   (or VV /44~ µ .) Based on the in-plane torsional twist sensitivity of the cantilever 
( nmmV /70~ ), the effective shear piezoelectric coefficient, 15d , calculated directly from the 
slope of the acquired curve, is Vpm /6.0~ . (This value will be more accurately determined in 
the following sections.) Included also in Figure 3.4 is a response curve acquired from the same 
local point on the collagen fibril when the reference signal for the lock-in amplifier is set at two 
times the frequency of the applied AC voltage signal. Since the electrostatic signal is 
proportional to the square of the amplitude of applied AC voltage ( )2(sin~)(sin~ 22 ttV ωω∝ ), 
the response reflects mainly the electrostatic interaction and the electrostrictive coupling (the 
second-order electromechanical coupling) involved in the measurement [123-124]. The response 
is comparatively negligible.  
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Figure 3.4 Three overlapping shear piezoresponse versus AC peak-to-peak amplitude curves 
acquired with the lateral response mode PFM at the same location on a collagen fibril showing 
the reproducibility of the response. Included also in the lower portion of the panel is the curve 
acquired at the same location showing the nonlinear response due to electrostatic and 
electrostrictive interactions [63]. 
 
The piezoresponse phase signal is related to the axial polarization in collagen fibril. 
Physically rotating a collagen fibril by o180  caused a o180  change in the acquired 
piezoresponse phase signal, as shown in Figure 3.5. This axial polarization was further found to 
be unipolar based on examining the piezoresponse phase signals on 17  sample locations along a 
long collagen fibril of mµ100~  in length, including its two ends (data not shown). More 
interestingly, a phase signal line scan across two adjacent end segments of a looped collagen 
fibril clearly showed a o180  phase change (Figure 3.6), resulting from the unipolar nature of an 
individual collagen fibril. 
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Figure 3.5 Line-scan from piezoresponse phase image across a collagen fibril, (a) before, and (b) 
after physically rotating the fibril by o180 .     
 
 
Figure 3.6 AFM amplitude and optical microscope image showing a naturally looped collagen 
fibril on the substrate, and (b) the corresponding line scan phase signal acquired with the lateral 
response mode PFM across the marked line in the image, showing a phase difference of o180 . 
 
(a) 
(b) 
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Figure 3.7 shows the acquired high-resolution lateral PFM image (Figure 3.7b) of an 
isolated collagen fibril ( nm65~ in diameter) on a Au-coated Si substrate along with the AFM 
topography image (Figure 3.7a). The smaller scan size images are shown in Figure 3.7c. The 
lateral PFM image clearly distinguishes the collagen fibril from the substrate background, 
indicating the presence of shear piezoelectric response in the fibril. Moreover, there existed a 
periodic modulation of the piezoresponse amplitude (Figure 3.7c) correlating with the periodic 
alteration of the overlap and gap regions within the collagen fibril. Regions with larger 
piezoresponse amplitude (with brighter contrast in the image) were measured to be nm30~  
wide (corresponding to the overlap regions) and the other regions with smaller amplitude 
nm40~  (corresponding to the gap regions). Such dimensions for the gap and overlap regions 
matched well with those measured with other high-resolution imaging tools [21], such as 
transmission electron microscope and X-ray diffraction, demonstrating the high spatial resolution 
of PFM.  
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Figure 3.7 High-resolution piezoresponse force microscopy images showing piezoelectric 
heterogeneity in a single collagen fibril. (a) Topography image showing a collagen fibril, 
nm65~  in diameter, on a Au-coated Si surface; (b) PFM piezoresponse amplitude image 
showing the variation in piezoresponse in the gap and overlap regions; (c) corresponding PFM 
amplitude image acquired at a smaller scan size to more clearly show the heterogeneity. (d) the 
ω2 signal image showing the contributions from second-order (non-linear) interactions involved 
in measurements [125].  
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To rule out the possible interference on the lateral mode PFM measurement from any 
electrostatic interactions between the cantilever and the sample, due to the applied AC signal, the 
ω2  signal image (Figure 3.7d) simultaneously acquired from the same collagen fibril was 
examined, where ω is the frequency of the AC voltage signal applied onto the AFM probe. The 
acquired ω2 signal showed no apparent response from the collagen fibril and appeared generally 
too weak to cross-couple into and affect the PFM signal, which is a ω1  signal. This is in 
agreement with the understanding that the lateral mode PFM is generally insusceptible to 
interference from electrostatic interactions due to the difference between how the electric field is 
applied and how the shear response is measured.  
In addition, the piezoresponse amplitude in the gap region was seen to be much weaker 
than that in the overlap region (Figure 3.7c) and barely above the background signal from the 
substrate (Figure 3.8), implying that the gap region might be non-piezoelectric or, at most, 
weakly piezoelectric. In this study the resolution of the PFM images, defined as the half-width of 
the boundary between piezoelectric and non-piezoelectric regions [20, 104], was estimated to be 
nm42~ − .  
 
58 
 
 
Figure 3.8 A line profile in Fig. 3.7b over the gap and overlap regions along with the response 
from the substrate showing the gap region being barely above the noise level of the substrate, 
indicating that this region is non-piezoelectric or weakly piezoelectric, where the overlap region 
shows clear piezoelectric response distinguished from that of the substrate.  
 
The piezoelectric nature of the acquired PFM signal was further confirmed by the 
acquired piezoresponse curve on the overlap region showing the linear dependence between the 
piezoresponse and the applied voltage (Fig. 3.9). The linear slope corresponded to an effective 
piezoelectric constant of Vpm /2~ when considering the torsional twist sensitivity of the AFM 
probe previously calibrated. PFM studies on multiple isolated collagen fibrils, ranging in 
diameter from 50~ to nm100~ , confirmed the similar existence of piezoelectric heterogeneity 
within a collagen fibril. For comparison, the piezoelectric constants of −α quartz is 
Vpmd /3.2~11 and Vpmd /67.0~14 −
 
[88]. Therefore, an isolated collagen fibril exhibits a 
piezoelectric constant comparable to the quartz crystals.  
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Figure 3.9 Shear piezoresponse amplitude acquired specifically from the overlap region of a 
collagen fibril of nm65~  in diameter showing the linear dependence between the shear 
piezoresponse and the applied voltage, corresponding to an effective piezoelectric constant of 
Vpm /2~ .  
 
3.5.2 Structural Origin of Piezoelectricity in a Collagen Fibril 
In order to elucidate the origin of piezoelectricity in a collagen fibril, its internal structure and 
molecular organization should be discussed. Recent electron density map data reveal that 
crystallographic super-lattice of collagen is formed of quasi-hexagonally packed collagen 
molecules [30]. The fact that a collagen fibril exhibits only shear piezoelectric response can be 
explained by its hexagonal symmetry structure. For this symmetry group, 6C , the converse 
piezoelectric effect is described by [88, 92]: 
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according to the coordinates defined in Figure 3.3. In PFM, 2E  and 3E  represent the lateral 
components of the applied electric field between the AFM tip and the substrate, and are 
symmetric fields. 1E
 
represents the vertical electric field underneath the AFM tip. The 
symmetric fields of 2E  and 3E  do not induce overall deformation (or the torsional motion of the 
cantilever), so:  
03322 == εε           3.2 
The vertical response was negligible according to experimental measurements with the vertical 
response mode PFM, hence: 
0~11ε           3.3 
Therefore, the only nonzero strain elements are 13ε  and 23ε . The torsional motion of 
AFM cantilever in the lateral response mode PFM measures only the in-plane shear, 13ε , and 
accordingly,  
214115132 EdEd −=ε         3.4 
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Considering that 2E  under an AFM tip is a symmetric field (so the induced shear piezoresponses 
cancel themselves), only 15d   contributes to the acquired shear piezoresponse, hence,  
11315 /2 Ed ε=           3.5 
3.5.3 Determination of the Shear Piezoelectric Constant 
To examine the shear piezoelectric response in a collagen fibril a two-dimensional finite 
element model was applied. According to the linear piezoelectric theory, the strain field (ε ) 
produced due to the converse piezoelectric effect is related solely to the applied electric field 
( E ) according to kijkij Ed=ε , where d  is the piezoelectric tensor and an independent property of 
the material. In the modeling, we attempt to find the suitable piezoelectric constant to match the 
measured displacement (thus the local strain) underneath the AFM tip. The AFM tip was 
modeled as a half circle of nm50  in radius in contact with the top surface of a cylindrical 
collagen fibril having a diameter of nm100 , and was electrically biased at a particular voltage 
relative to the substrate. Surrounding the collagen fibril was air with a dielectric constant of 
1=airε . The dielectric constant for the collagen fibril was assumed to be isotropic and was 5~  
[126]. The electric field distribution was then simulated using the finite element program, 
ANSYS. In the meantime, the displacement and strain distributions in the collagen fibril due to 
the piezoelectric effect were also simulated, assuming the fibril to be an isotropic elastic material 
with an elastic modulus GPaE 5= , a Poisson’s ratio 5.0=υ , and a shear modulus )1(2 υ+=
EG   
[38, 48]. The interaction volume between the AFM probe tip and the collagen fibril in PFM 
measurement was dependent on the applied voltage and the dielectric properties of collagen 
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[118]. When a collagen fibril was subjected to a V5.2 bias applied from the AFM tip, the 
interaction volume was found to be on the order of the tip radius ( nm50~ ) [118, 127], and the 
electric field in the interaction volume was on the order of mV /104~ 7× . By fitting the 
modeled shear deformation underneath the AFM tip with the measured deformation of pm5.1~  
at a tip bias of V5.2  from the PFM measurement, it was found that the collagen fibril developed 
a maximum strain on the order of 51313 105~2 −×= εγ  due to the piezoelectric effect, and from 
which the value of 15d  was found to be Vpm /1~   (or NpC / ) for the collagen fibril. Note that a 
collagen fibril is in fact a transversely anisotropic material. Therefore a complete and more 
accurate analysis will need all the related elastic moduli, shear moduli, and dielectric constants in 
all directions. So far the data in the literature are limited; for that reason the collagen fibril was 
modeled as a linear homogeneous solid to provide a general estimate of the related properties, 
which does require adjustments as more information comes available in the future. The 
mechanical properties of collagen, however, have no bearing in estimation of piezoelectric 
constant, as only the strain field was directly fit based on the piezoelectric strain-electric field 
equation. 
3.5.4 Electric Potential Generation within a Collagen Fibril under Shear Stress 
It has been suggested that at the nanoscale the main deformation mechanism of bone involves 
the shearing of mineral matrix with respect to collagen fibrils [127-128]. As mentioned earlier, 
this shear deformation is transmitted through covalent cross-links among the collagen molecules 
in the fibril [30]. Considering the equivalence of direct and converse piezoelectric effects, such 
shear deformation could produce electrical charges and build up an electric potential across the 
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collagen fibril, which could be relevant to ion transport and cell stimulation in bone. 
Experimental measurement has shown that when the tissue in bone is strained towards the yield 
point, the shear stress exerted on the surface of collagen fibrils by the extra-fibrillar matrix 
increases and reaches a shear strength on the order of MPa70~τ   [127]. Collagen fibrils, 
depending on the position and the loading type in bone, can be subjected to different loading 
conditions. Here particularly, a case was considered where a collagen fibril is under an anti-plane 
shear deformation with the axial shear deformations on the top and bottom half surfaces of the 
fibril cylinder being opposite to each other. Electric potential distribution on the fibril surface 
was estimated with ANSYS for a typical fibril having a diameter of nm100
 
and a shear 
piezoelectric constant of Vpm /1 . The open circuit electrical potential difference was estimated 
to be mV120~ between the top and bottom half surfaces when subjected to a shear stress of 
MPa70~ . Considering the fact that collagen fibrils in connective tissues are associated with the 
plasma membrane of cells through the basal lamina, and the inside negative potential of the cell 
membrane is mV7050~ −  [24], the ability of collagen fibrils to produce an electric potential of 
similar magnitude may imply their potential role in mechanoelectric transduction.  
3.5.5 Piezoelectricity in Bone 
Since a collagen fibril shows shear piezoelectric behavior, it is reasonable to study shear 
piezoelectricity in bone sample with exposed collagen fibrils.  Figure 3.10a shows the deflection 
image, acquired in AFM contact mode, of a bone sample surface treated according to the 
procedure described in the Methods section. As expected, the surface was covered with collagen 
fibrils and mineral crystals. On the exposed collagen fibrils, the characteristic banding pattern 
with a D  period of nm7060~ −  could be clearly identified. The simultaneously recorded lateral 
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PFM image in Figure 3.10b acquired with an AC voltage signal of kHz60
 
in frequency and 
V4 in peak-to-peak amplitude revealed two main features. First, the collagen fibrils were clearly 
resolved in the PFM image, meaning that they were the major contributing elements to the 
piezoelectric effect in bone. Second, within the piezoelectric collagen fibrils, the characteristic 
banding pattern was also revealed (Fig. 3.10b,c), suggesting that the piezoelectric heterogeneity 
observed previously in isolated collagen fibrils persisted for collagen fibrils in bone. The 
resolution of the obtained PFM images defined as half width of the boundary between 
piezoelectric and nano-piezoelectric regions was found to be less than nm10 for PFM images of 
bone samples, demonstrating extremely high resolution capability of the PFM method.  
 
 
Figure 3.10 (a) Contact mode deflection image, (b) and (c) the corresponding piezoresponse 
amplitude image acquired from a bone sample surface showing the piezoresponse from collagen 
fibrils and the piezoelectric heterogeneity in such fibrils. (d) Line profile along the line marked in 
(c) showing the periodic variation of the piezoresponse amplitude [125]. 
(a) (b) (c) 
(d) 
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Since there existed random orientations and sometimes stacking of the fibrils on the bone 
surface, to correlate exactly the imaged piezoelectric response with the presence of each collagen 
fibril was not practical. However, the shear piezoresponse curves at 10  randomly selected 
locations on the displayed surface of the bone sample in Figure 3.10a were acquired. The 
acquired curves showed the typical linear dependence (as shown in Figure 3.11) with varying 
slopes corresponding to effective piezoelectric constants in the range of Vpm /3.01.0 − . This 
variation in piezoelectric response is believed to be the result of the different orientation and 
concentration of collagen fibrils and the different matrix environments at different locations on 
the sample surface. 
 
 
Figure 3.11 Representative shear piezoresponse curve acquired on the bone sample surface 
showing the linear dependence between the shear piezoresponse and the applied voltage 
corresponding to an effective piezoelectric constant of Vpm /3.0~ . 
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3.6 Discussion 
The ability of collagen fibrils to show piezoelectricity is expected to remain even under 
physiological conditions [129]. In bone, the mineral crystals of HA partially cover collagen 
fibrils and therefore limit water access and prevent them from swelling [129]. Studies have 
shown that even at %100  relative humidity, collagen in bone has only %12~  moisture content 
[130]. Indeed, piezoelectricity has been measured in macroscopic samples of wet tissues 
although the piezoelectric response is quite low and decreases with increasing humidity [116, 
129-131]. Under hydrated and frozen conditions (in order to create a low conductivity sample 
appropriate for piezoelectric measurement), tendon has been shown to be piezoelectric [131]. 
Some recent studies have even reported no difference in measured piezoelectric behaviors 
between wet and dry bone at the nanoscale [19].  
The existence of such a piezoelectric heterogeneity within a collagen fibril can be understood 
by considering its hierarchical microstructure. As mentioned earlier, crystallographic results have 
revealed that the assembled collagen molecules in a collagen fibril generally form a quasi-
hexagonal symmetry ( 6C ) on the cross-section plane in both the gap and overlap regions [30, 
132]. There exists, however, a major difference in the assembled structures in the overlap and 
gap regions. In the overlap region, all five molecules of the microfibril take a common 
orientation with respect to each other in the entire length of the overlap region. In the course of 
the gap region, however, the four molecules continuously take different directions with respect to 
each other and with respect to the overlap region [30, 58]. In other words, the quasi-hexagonal 
symmetry is uniform along the entire overlap region and has a 6C
 
symmetry, whereas in the gap 
region, the symmetry holds only at each cross-section plane, and along the length axis, the 
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orientation of the plane varies. Consequently, the 6C  symmetry in the overlap region dictates 
that 15d
 
contributes to the measured piezoelectric response [102, 115] when taking into account 
the absence of the vertical PFM piezoelectric response in a collagen fibril and the symmetry of 
the electric filed in the PFM setup [75]. In the gap region, the lack of uniform symmetry 
diminishes the shear piezoelectric response measured in PFM, as PFM measures the collective 
response from a finite interaction volume under the applied electric field from the AFM tip. The 
%20  smaller packing density of the gap region compared to the overlap region is believed to be 
another significant contributing factor on the vanishing piezoelectric response in the gap region.  
The extension of piezoelectric heterogeneity in the isolated collagen fibrils into bone brings 
about new implications in understanding the role of piezoelectricity for bone growth and 
remodeling. From the previous studies, it was generally understood that piezoelectricity exists in 
the organic collagen phase and is absent in the mineral phase of bone [19, 99]. The result from 
this study revealing nanoscale piezoelectric heterogeneity within isolated collagen fibrils and 
fibrils inside bone is, however, an original finding. There have been electron microscopy studies 
revealing the difference in bio-functionality between the overlap and gap regions of collagen 
fibrils in which the gap regions were found to play more active roles as binding sites for other 
macromolecules or mineral crystals [32, 36]. For instance, it has been revealed that most 
proteoglycans in tendon have a nonrandom axial distribution along a collagen fibril with a 
pronounced preference to bind to the gap region [36]. It is also believed that mineral nanocrystals 
in bone are mostly deposited and nucleated in the gap region [32]. It is speculated that the 
piezoelectric heterogeneity within the collagen fibrils revealed in this study may facilitate the 
bio-functional heterogeneity of the gap and overlap regions. The piezoelectric heterogeneity may 
lead to non-uniform distribution of electric charges in collagen fibrils under mechanical 
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stimulation due to the direct piezoelectric effect, which can consequently modulate the local 
ionic environments as well as affect the binding affinities of the related biomolecules and ions 
responsible for bone growth and remodeling.  
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CHAPTER 4  
Nanoneedle-Based High-Q Factor Tapping Mode 
AFM in Liquid  
4.1 Introduction  
Imaging soft materials particularly biological tissues under physiological conditions using an 
AFM is an active field of research. AFM as a nanoscale tool with capability of applying gentle 
forces and the ability to operate in liquid environment is an attractive tool for these studies. In 
AFM imaging in physiological conditions the cantilever must be immersed into the liquid, as 
shown in Figure 4.1. The tapping mode AFM in liquid is preferred over the contact mode since 
the lateral forces, which can readily deform soft samples, are nearly eliminated. In the tapping 
mode AFM, the cantilever oscillates near its resonance frequency, which for a typical AFM 
cantilever is in the range of kHzkHz 30050~ − . Considering the typical size of a cantilever, a 
rectangle of mm µµ 30050~ × , such high-frequency oscillations in liquid environment would 
create unwanted noises and distortions in the dynamics of the cantilever. Furthermore, the 
overwhelming hydrodynamic drag force on the cantilever complicates obtaining quantitative data 
from a soft sample.  
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Figure 4.1 The common method of AFM imaging in liquid; the cantilever is immersed into 
liquid and the laser light passes through the air-liquid interface.  
 
In fact, in liquid the fundamental frequency of the cantilever is damped and could not be 
used (Figure 4.2). For a cantilever immersed into liquid, the hydrodynamic dissipation broadens 
the resonance peak, and therefore lowers the quality factor significantly (from )100(O
 
in air to 
)1(O ) in liquid). The added mass of the oscillating liquid along with the cantilever shifts the 
resonance curve towards lower frequencies. The shifting and broadening of the resonance peak 
with respect to that in the air causes significant coupling between the first harmonic and the 
higher harmonics, which leads to an anharmonic response [133-135]. Since the dynamic 
response of the cantilever in liquid exhibits a large number of peaks (Figure 4.2a), selection of a 
desired and operating frequency is complicated [136]. In addition to coupling between normal 
vibrational modes of the cantilever, several of the peaks also result from acoustic vibrations in 
the liquid cell [3].    
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Figure 4.2 Amplitude vs. frequency response  of an AFM cantilever in liquid, (a) acoustic 
excitation, (b) magnetic excitation, and (c) active Q-control showing the true resonance 
frequency, adapted from [137].  
 
In tapping mode, the average force exerted on the sample ( tsF ) is expressed as [3, 138-
139]: 
2/122
0 ][ sp
eff
ts AAQ
kF −=
       4.1 
where k  is the spring constant, effQ is the effective quality factor, 0A  and spA are the free and 
set-point amplitude of the cantilever, respectively. Therefore, the average force on the sample 
(c) 
(b) 
(a) 
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has an inverse relationship with the quality factor of the oscillations, 
eff
ts QF
1
∝ . As mentioned, 
in liquid the quality factor drops by two to three orders of magnitude with respect to air, 
therefore the exerted force on the sample increases accordingly, and the image quality is 
compromised.  In order to visualize the undistorted topography and structure of soft samples, 
small forces on the order of pN100 are required [139]. For uncompromised performance of 
AFM in liquid similar to air, dynamics of the AFM cantilever should be modified to obtain a 
single peak, as for a harmonic oscillator, with a high quality factor for more sensitivity. 
Accordingly, to achieve higher resolution images obtained under smaller forces in tapping mode 
in liquid, several techniques have been engineered: namely, oscillation through magnetic 
excitations, the active Q-control method, and the frequency modulation method, which are 
covered in the literature review section 4.2.  
In this chapter a new method is introduced to achieve a single peak with an intrinsic high 
quality factor for liquid imaging similar to the tapping mode in air. The proposed method utilizes 
a long nanoneedle attached to AFM probe as depicted in Figure 4.3.  The long nanoneedle in 
combination with a shallow liquid container allows the cantilever to stay outside of the liquid, 
with only the tip of the nanoneedle inside the liquid level, enough to reach to the surface of the 
sample. Based on theoretical analysis it is shown that in this imaging technique in liquid, the 
damping caused by hydrodynamic drag is reduced by several orders of magnitude. Combined 
with experimental results, it is revealed that the dynamics of the cantilever in this case is 
harmonic with high quality factor much similar to the tapping mode in air. Thus, the proposed 
setup closely resembles AFM imaging in air, while providing the advantage of keeping the 
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samples in physiological conditions.  Potential applications of the method are demonstrated 
through imaging collagen fibrils and membrane of living cells in physiological conditions.   
 
 
Figure 4.3 Schematic of the nanoneedle-based AFM in liquid, where the cantilever is kept 
outside of the liquid level and the long nanoneedle reaches down to the surface of the sample in 
liquid for imaging.  
 
4.2 Literature Review 
Since introduction of tapping mode AFM in liquid [12-13], many attempts have been 
made to improve the dynamics of the cantilever and thereby increase the resolution of the liquid 
imaging. One of the methods to increase the quality factor of tapping mode AFM in liquid is the 
active Q-control approach based on positive feedback control. It was first introduced by 
Anczykowski et al. in 1998 [140] for operation in air and later was used in liquid [135, 137]. In 
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Q-control, the oscillation amplitude of the cantilever is actively monitored through external 
electronics. The first harmonic of the oscillation of the cantilever is extracted, amplified and 
phase shifted and is fed back into piezo transducers superimposed onto the drive signal of the 
cantilever. Therefore, at any moment the cantilever is excited by two signals. As shown by 
theoretical analysis, the effective damping of the system in this configuration could be adjusted 
to increase the quality factor and hence lower the force on the sample [139].  It has been shown 
that through Q-control, the quality factor could be increased by two orders of magnitude from 
1~  to 300~  and forces as small as pN100 could be realized in liquid. Considering tapping 
mode forces in conventional liquid imaging ( nN10~ ), this mode shows two orders of 
magnitude decrease in the applied force [135, 137].  This method has been successfully used for 
imaging soft gel samples [139] and also living cells [135].  
In AFM in liquid, the cantilever is excited using a high frequency piezo attached to the 
cantilever holder. Unsteady motion of the liquid due to high frequency oscillations of this piezo 
is coupled with the dynamics of the cantilever leading to several spurious peaks. To avoid this 
unwanted resonances and therefore achieve a single peak in the dynamic response of the 
cantilever, the magnetic excitation was introduced as an alternative to the common acoustic 
excitation [141].  In this method, a coated cantilever is magnetized along its flexure axis and is 
directly excited using a solenoid. It is shown that in this method, the dynamics of the cantilever 
is that of a single driven, damped harmonic oscillator. Another advantage of this method is that 
small-amplitude oscillations could be used  in contrast to the acoustic excitation case where large 
driving amplitude ( nm300~ ) must be used due to large damping and poor acoustic coupling 
into the cantilever [141].    
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Another method for imaging in liquid using AFM is the frequency modulation (FM-
AFM) first introduced for operation in ultra high vacuum (UHV) environment by Albrecht in 
1990 , and is classified as a non-contact AFM technique [142]. FM-AFM utilizes the spatial 
dependence of change in resonance frequency of the cantilever caused by tip-sample interaction 
to image the surface while maintaining the phase in constant value. In FM-AFM the deflection 
signal of the cantilever is fed back into the piezo actuator while a phase shifter maintains a o90  
phase shift between excitation signal and the cantilever deflection in order to keep the cantilever 
in its resonance. A phase-locked-loop (PLL) circuit is used to detect the frequency change ( f∆ ) 
and keep it constant by moving the piezo [143]. By increasing the quality factor in regular 
tapping mode AM-AFM (amplitude modulation), the time constant for decay of transient terms 
(
0
2
ω
τ
Q
= ) increases. Therefore the bandwidth decreases and the maximum achievable scan rate 
reduces [3].  In frequency modulation the Q and the bandwidth are independent; hence the 
quality factor could be increased without limiting the bandwidth. As a result it could operate in 
UHV with Q as large as 5000~  and in this manner, FM-AFM allows increased sensitivity by 
increasing the Q-value  [142]. It has been demonstrated that the frequency modulation could 
image lipid bilayer in physiological conditions with sub-angstrom resolution [144].   
Another method for imaging in liquid, especially for live cell imaging, is the scanning ion 
conductance microscopy (SICM) [145]. SICM is suitable for imaging topography of non-
conducting surfaces covered with an electrolyte. In this method, an electrolyte filled micropipette 
is scanned over the surface as the sensing probe. The ion conductance is blocked for short 
distances to the surface and is used as a feedback to maintain a constant distance from the 
surface. This noncontact method is capable of imaging the topography of a surface as well as the 
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local ionic current through pores in the surface. SICM has been used to obtain topography 
images of living cells in physiological conditions [146-147], as well as to map single active ion 
channels in plasma membrane [148],  and to trace the dynamics of protein complexes in plasma 
membrane of a cell [149].  
The above mentioned methods, however, require additional hardware and are not yet 
readily available. Q-control  requires a phase-locked loop unit to track the resonance of the 
cantilever in addition to fast feedback amplifiers [135]. Magnetic excitation has drawbacks such 
as requiring additional hardware, expensive magnetic cantilevers, and possible heating of the 
liquid cell with the electromagnet [150].  In addition, the dynamics of the cantilever in this 
method is still highly damped and the quality factor is low. FM-AFM has superior performance 
in ultra high vacuum through high quality factor, but has limited applications in liquid 
environments. SICM method can only image the topography of the surface and cannot recognize 
regions in the surface with different mechanical properties, which in tapping mode AFM imaging 
would appear due to the change in the energy dissipation between the tip and the sample. 
Furthermore, it requires an electrolyte for ionic conductance between the pipette and the 
medium.   
4.3 Theory 
4.3.1 Dynamics of a Cantilever in Liquid  
The ability of a cantilever-based sensor directly depends on the quality factor of the 
resonating cantilever.  The mechanical vibrations of  a cantilever follows the equation of motion 
[3]:  
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       4.2 
where m   is the mass of the resonator, k is the stiffness, 
c
kmQ =  is the quality factor, and ω  
is the resonance frequency of the resonator. The external force is iwttsext FeFF += . tsF  is the tip-
sample interaction forces that could include the long range van der Waals interactions, adhesion 
and capillary forces, double layer repulsion, (charged surfaces in liquid), and the short range 
repulsive forces. iwtFe is the external harmonic excitation applied from the piezo to the 
cantilever.  
When the resonator is immersed into liquid, there would be an added mass ( addedm ) due to the 
liquid moving along with the resonator. The damping coefficient would also change from air to 
liquid. The quality factor of a cantilever inside liquid is calculated as [151]:  
 
ω
liquidcantilever
addedcantilever
cc
mmQ
+
+
=
 ,        4.3 
where tWLm cantilevercantilever ρ=
 
is the mass of the cantilever, L  and W  are the length and the 
width of the cantilever, respectively, and t is the thickness of the cantilever. 
cantilever
cantilever
cantilever Q
m
c
ω
=
 
is the intrinsic damping coefficient of the cantilever, and liquidc
 
is the 
hydrodynamic damping coefficient [151]. The added mass and the damping coefficient for an 
AFM cantilever are as below [134, 151]: 
Γ′= LWm liquidadded
2
4
piρ         4.4 
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and, 
Γ ′′= ωpiρ LWc liquidliquid 24
,       4.5 
where Waa /21 δ+=Γ′  and 221 )(WbWb
δδ
+=Γ ′′ are the hydrodynamic functions and  liquidρ
  
is 
the density of the liquid, 
ω
υδ 2= is the evanescent length [134, 151].   
In calculations, the dimensions of the commercial tapping mode AFM cantilever (µmasch), 
with the length mLcantilever µ125~ , the width mWcantilever µ35~ , the thickness mtcantilever µ2= , 
the resonance frequency in air kHzcantilever 160~ω , the force constant mNkcantilever /6~ , and 
450=cantileverQ was used. sm /10004.1 26−×== ρ
η
υ  is the kinematic viscosity of water. 
mNwater /072.0=γ , and mNEG /047.0=γ  are the surface tension of water and ethylene glycol, 
respectively.  sPawater .101
3−×=η
 
is the dynamic viscosity of water, and 
sPaEG .101.16
3−×=η is the dynamic viscosity of EG. nmawater 278.0= is the molecular size of 
water. 3/1000 mkgwater =ρ and 3/1115 mkgEG =ρ are the density of water and EG, 
respectively. 7364.2,8018.3,7997.3,0553.1 2121 ==== bbaa  are the numerical constants 
[134, 151]. Evanescent length is on the order of mµ5.3 , and mµ5.13 for water and EG at 
kHzcantilever 160~ω , respectively. For the given geometry above for the cantilever, 
gmcantilever
12102~ −× , the added mass is on the order of gmadded
10107.1~ −× , the intrinsic 
damping of the cantilever is mNsccantilever /107~
9−× , and the damping coefficient is 
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mNscliquid /109.7~ 6−× . Based on calculations for a typical AFM cantilever with a 450~airQ
 
the quality factor of the fundamental frequency drops to 4~liquidQ  in water.  
4.3.2 Dynamics of the Nanoneedle in Liquid 
For an oscillating nanoneedle-probe interfacing with a liquid surface, two additional 
damping forces are added to the intrinsic damping of the cantilever. They include the Stokes drag 
force on the portion of the nanoneedle inside the liquid ( Stokesc ) and the damping involved in the 
nanomeniscus due to the large velocity gradient across the thin meniscus layer ( meniscusc ).  
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Figure 4.4 Nanoneedle-based tapping mode imaging in liquid. (a) The setup, and (b) the Stokes 
and meniscus forces on the nanoneedle. H  is the meniscus height, and δ  is the evanescent 
length.  
 
The Stokes drag coefficient on a nanoneedle moving parallel to its long axis in a liquid 
can be expressed as [152]: 
72.0)/(ln
2
−
≈
nanoneedlenanoneedle
nanoneedleliquid
Stokes
rL
L
c
ηpi
     4.6 
The dissipation damping coefficient in the nanomeniscus is [153-154]:   
d
liquidnanoneedle
meniscus
ar
c
θ
δηpi )/(ln2
≈       4.7 
(a) 
(b) 
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where dθ
 
is the dynamic contact angle between the liquid and the nanoneedle, δ is the 
evanescent length, and a
 
is the molecular size of the liquid. In this case, the quality factor of the 
nanoneedle-probe is expressed as: 
ω)(
cantileverStokesmeniscus
addedcantilever
nanoneedle
ccc
mmQ
++
+
=      4.8 
 where, addedm  is the added mass to the probe due to the liquid oscillating with the nanoneedle.  
Taking into account the geometry of the nanomeniscus an approximation of the added mass to 
the oscillating nanoneedle is that of a truncated cone 3/~ 2δρpi meniscusliquidadded hm  [153], meniscush
 
is the height of the meniscus rise on the nanoneedle and is on the order of the radius of the 
nanoneedle. The damping coefficient for the meniscus is mNscmeniscus /107.22~
9−×  for an 
assumed 45=dθ  and a nanoneedle with a diameter of nm600 . Qualitative behavior of the 
expected Stokes drag and the quality factor is plotted in Figure 4.5 and Figure 4.6 for a cantilever 
with an intrinsic quality factor of 450~cantileverQ .  
As it is shown in Figure 4.6, the quality factor of the cantilever in this case is length-
dependent and decreases as the dipped length of the nanoneedle into the liquid increases. The 
quality factor, however, is still much larger than the case when the entire cantilever in immersed 
into the liquid ( 1>>nanoneedleQ ).  
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Figure 4.5 Stokes drag dissipation vs. the length of the nanoneedle dipped into the liquid.  
 
 
Figure 4.6 Qualitative variation of the quality factor vs. the length of the nanoneedle dipped into 
the liquid for a cantilever with 450=airQ . 
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4.4 Materials and Methods  
4.4.1 Nanoneedle Fabrication 
The AFM cantilevers used in this study were commercial AFM cantilever with specifications 
given in the theory section. In most cases, the tip of the cantilever was cut with FIB prior to 
nanoneedle fabrication in order to have a flat surface for deposition.  A long ( mµ60~ ) metallic 
(Pt) nanoneedle with an average diameter of nm600  was directly deposited at the end of the 
AFM cantilever using electrochemical fountain pen nanofabrication (ec-FPN) method, as 
previously reported [155-156].   In this method, meniscus confined electro-deposition takes place 
between an electrolyte-filled nano-pipette and a conductive substrate.  Glass pipettes with an 
average diameter of nm600~  were pulled out from glass capillary tubes ( mmDout 1= , 
mmDin 5.0= ) using a pipette puller (Sutter Instrument). A bias voltage ( V1− ) was applied 
between the electrolyte in the pipette and the conductive AFM cantilever reducing metal ions to 
deposit onto the cantilever surface confined to the meniscus area. The pipette is pulled back 
using a three axes piezoelectric positioning stage at a speed ( snm /4035 − ) to maintain a stable 
meniscus for continuous growth, Figure 4.7. For platinum deposition, the pipette was filled with 
mM5  chloroplatinic acid ( 22 ClPtH ) electrolyte (Sigma Aldrich Inc). The reduction current was 
nA2.1~ . During the deposition, humidity was maintained %60~  by enclosing the setup inside 
a humidity chamber. Since in AFM the cantilever is in an angle of o12~  with the sample surface, 
during the deposition of the nanoneedle the angle was adjusted accordingly to ensure the 
nanoneedle would be normal to the surface of the liquid during imaging.  
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Figure 4.7 Direct deposition of a nanoneedle, mµ60  long with nm600~  in diameter
 
at the tip 
of an AFM cantilever.  
 
 
Figure 4.8 SEM micrograph of a mµ60  long Pt nanoneedle-probe with a nm600~  in diameter 
on an AFM cantilever.  
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Figure 4.9 Tip of the nanoneedle, (a) as deposited, and (b) after sharpened down to a diameter of 
nm50~  using FIB milling. 
  
As shown in Figure 4.9a, the deposited nanoneedle had a blunt tip.  To obtain a sharp tip 
for high resolution imaging with AFM, the tip of the nanoneedle was sharpened using focused 
ion beam (FIB) milling. About sec3020 −
 
exposure to ion beam with pA50~   extraction 
current sharpened the tip down to nm5030 − from an original diameter of
 
nm600~  (Figure 
4.9b).  
4.4.2 The Liquid Container 
One of the main challenges of this method was maintaining a shallow liquid level, ( mµ60< , 
considering the length of the nanoneedle), since the cantilever must stay outside of the liquid 
without any contact with the liquid surface. In experiments two different liquids were used, 
ethylene glycol, (EG)- 262 OHC , and water. Ethylene glycol, being nonvolatile at room 
temperature, provided a stable height in the interface with the nanoneedle. Containers with a 
(a) (b) 
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depth of  mµ20~  were etched on glass slides by etching the glass in hydrofluoric acid %)49(  
with etching rate of min/12 mµ .  
Evaporation of water, however, complicated the maintenance of a stable interface with the 
nanoneedle.  For imaging in water, a humidity chamber was designed. It was noticed that even at 
%100
 
relative
 
humidity a thin layer of water evaporated quickly. For experiments in water, 
concave glass containers were used, as shown in Figure 4.10. In the humidity chamber, the water 
edge receded initially until equilibrium was established and a stable edge was formed (Figure 
4.10b). Displacing the AFM cantilever slightly towards the center of the liquid, a shallow and 
stable level of liquid was realized. Prior to experiment the glass container was soaked into 
N1 NaOH for 30  minutes and was washed several times with DI water to render the glass 
surface hydrophilic.  
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Figure 4.10 (a) Schematic of a concave surface in order to obtain a shallow water level, and (b) 
an optical view of the water edge on the concave surface under AFM cantilever.   
 
4.4.3 The Humidity Chamber 
For experiments involving water, a special humidity chamber around the AFM setup was 
designed to reduce evaporation. For liquid imaging it was critical to avoid wetting the piezotube 
of AFM. Therefore, the humidity chamber isolated the piezotube from inside the chamber.  
4.4.4 Cell Culture  
(b) 
(a) 
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For imaging cell membrane, HeLa cells were cultured in Dulbecco’s modified Eagle’s 
medium (DMEM) supplemented with %10  fetal bovine serum (FBS), mlU /100  penicillin and 
mlg /100 µ streptomycin at Co37 under 2%5 CO . Concave glass was placed in a petri dish and 
the cells were cultured on the glass. Cells were imaged 41−  days after the culture. Prior to the 
experiment, the cells were washed several times with PBS buffer to remove the dead cells from 
the surface. The concave culture glass was removed from the petri dish and several drops of PBS 
buffer were placed on the glass to image the cells in physiological conditions.  
4.4.5 Experimental Procedure 
In imaging, using nanoneedle-probe, the standard procedure of AFM system for 
automatic engage on the surface was not applicable. Below, the custom designed procedure is 
described for nanoneedle-based imaging by AFM. First, the dynamic response of the cantilever 
in air was obtained. After the liquid container with desired sample was placed in the humidity 
chamber, the nanoneedle-probe was approached toward the surface of the liquid using the step 
motor of the AFM system.  The amplitude and the deflection of the nanoneedle were 
continuously monitored using external electronics and a LabView program. When the 
nanoneedle approached closely the proximity of the surface of the liquid, the attractive van der 
Waals forces bent the cantilever and the nanoneedle jumped into contact with the surface of the 
liquid. The jump-into contact caused a noticeable drop in the deflection and oscillation amplitude 
of the cantilever. After the tip of the nanoneedle dipped into the liquid, the dynamic response of 
the cantilever in liquid was obtained to find the position of the new resonance frequency. 
Afterwards, a new setpoint was established and the cantilever was manually lowered until it 
sensed the surface and imaging process was started.    
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4.5 Results 
4.5.1 Characterization of the Nanoneedle-Probe: Static Response 
Figure 4.11 shows a nanoneedle dipped into a droplet of EG in a side-view optical image. 
The nanoneedle was dipped into the liquid droplet and pulled out several times to ensure that it 
can penetrate the liquid surface without significant buckling or bending. 
 
 
Figure 4.11 An optical image depicting the nanoneedle-probe dipped into a droplet of ethylene 
glycol.  
   
Figure 4.12 shows the dip-in and pull-out forces and the corresponding changes in the 
vibration amplitude of the cantilever inside EG. After jump into contact, the surface tension of 
the liquid maintains the nanoneedle inside the liquid with a constant force. Upon retraction from 
the surface of the liquid, the meniscus extension bends the cantilever until an instability occurs 
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and the meniscus breaks.  The pull out force on a nm600~  nanoneedle in EG ( mN /048.0=γ ) 
is on the order of nNdF 90~γpi= , which is in agreement with the experiment confirming the 
normal penetration of the nanoneedle into the liquid.  
 
 
Figure 4.12 The dip-in and pull-out forces of the nanoneedle in EG, (a) the force, and (b) the 
oscillation amplitude of the cantilever. 
 
4.5.2 Characterization of the Nanoneedle-Probe: Dynamic Response 
A series of characterization experiments were conducted in water and EG in order to 
investigate the depth- and amplitude-dependent dynamics of the nanoneedle-probe. As 
mentioned in the theoretical section, the quality factor of the nanoneedle-probe is length-
(b) 
(a) 
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dependent. Increasing the length of the nanoneedle in liquid would increase the drag force on the 
probe, which results in a lower quality factor. In order to characterize this length-dependent 
behavior, the nanoneedle was dipped into the liquid in steps of mµ1 ,
 
and each time the dynamic 
response curve was recorded. Shown in Figure 4.13 is the dynamic response of the cantilever in 
air along with the corresponding curves for different length of the nanoneedle in liquid. The first 
observation is that the harmonic behavior of the cantilever is preserved without any spurious 
peaks in liquid. In addition, there is no significant change in the resonance frequency of the 
cantilever indicating that the effect of the added mass is minimal. Furthermore, the quality factor 
of the dynamic response is significantly higher than the regular tapping mode AFM imaging in 
liquid ( )1(~ OQ ).   
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Figure 4.13 Dynamic response of a nanoneedle-probe dipped in liquid for specified length, 
along with the dynamic response of the probe in air.    
 
The quality factor of each curve was estimated by fitting the resonance curve with a 
Lorentzian function for a single harmonic oscillator. The length-dependent quality factor is 
plotted in Figure 4.14. The experimental dependence of the quality factor versus the length is in a 
reasonable agreement with the theoretical prediction in Figure 4.6.  For a cantilever with a 
450~airQ , the quality factor dropped to one third when the nanoneedle touched the liquid 
surface, and reduced to %20
 
of the quality factor in air after dipping into the liquid for 
mµ20~ . 
 
93 
 
 
Figure 4.14 Experimental variation of the quality factor with length of the nanoneedle in liquid 
for a cantilever with 450~airQ .  
 
For a fixed length of the nanoneedle in liquid, however, the quality factor does not show 
a significant sensitivity to the oscillation amplitude of the cantilever. As is shown in Figure 4.15, 
the amplitude of the oscillation of the cantilever for a fixed length inside the liquid was changed 
from nm2 to nm40  and the corresponding quality factor was estimated. Change in the 
amplitude in fact changes the effective velocity of the nanoneedle in liquid and in the meniscus. 
This shows that the meniscus dissipation is nearly constant for the range of common oscillation 
amplitudes in tapping mode AFM, in this case.   
 
94 
 
 
Figure 4.15 Quality factor vs. oscillation amplitude for a fixed length.  
 
4.5.3 Imaging in Air with the Nanoneedle-Probe 
The performance of the nanoneedle-probe in air was examined by imaging standard 
calibration grids and individual collagen fibrils. They calibration grids were nm200 deep with a 
pitch of mµ10 . The high aspect ratio of the nanoneedle enables it to image the sharp edges of 
the features of the calibration grid (Figure 4.16). Such sharp edges could not be readily obtained 
using regular AFM tips where conical geometry of the tip would often result in inclined edges. 
Nanoneedle-probe was also used to image individual collagen fibrils with diameter as small as 
nm50~
 
in air. The obtained images show acceptable performance of the probe in air. 
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Figure 4.16 Profile of the calibration grid imaged using nanoneedle-probe in air. (a) The 
topography image, and (b) a line profile across the line scan in (a) showing the ability of the 
probe to image the sharp edges of the grid.  
 
 
 
Figure 4.17 Tapping mode AFM topography image of collagen fibrils on Si substrate imaged in 
air using a nanoneedle-probe. 
 
(a) (b) 
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4.5.4 Imaging in Liquid with the Nanoneedle-Probe 
The nanoneedle-probe was used to image individual collagen fibrils in water and EG as 
well as cell membrane of living HeLa cells in PBS buffer. Shown in Figure 4.18 are tapping 
mode topography, amplitude, and phase image of collagen fibrils obtained in ethylene glycol 
(EG). Similar images were obtained for collagen fibrils in water. The characteristic banding 
pattern of collagen fibrils ( nm7060~ − ) are clearly resolved in the acquired images suggesting 
that the technique is capable of achieving high resolution in liquid environments.  
In order to lower the force exerted on the sample, the oscillation amplitude of the 
cantilever was changed from nm20~  down to nm1~ , corresponding to an estimated force as 
small as pN50~  for a 100~Q , based on Equation 4.1. No significant changes in the quality of 
the acquired images were noticed, suggesting that the method is capable of imaging even for 
such small amplitudes and forces without significant change in the image quality.  
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Figure 4.18 AFM tapping mode (a) height, (b) amplitude, and (c) phase image of collagen fibrils 
in EG using the nanoneedle-probe. Characteristic banding pattern of collagen fibrils is evident in 
the height image (a).  
 
In order to show the performance of the new method in imaging soft samples in liquid, the 
cell membrane of living HeLa cells was imaged in PBS buffer. The height, amplitude, and phase 
image are shown in Figures 4.19 and 4.20 for whole cell ( 235 mµ scan-size) and part of the cell 
membrane ( 25 mµ scan-size) .  
(a) 
(b) (c) 
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Figure 4.19 AFM tapping mode images of a living HeLa cell obtained in PBS buffer (a) height, 
(b) amplitude, and (c) phase image. Images were obtained with a scan rate of Hz5.0 . The height 
scale in (a) is mµ3 .  
 
(a) 
(b) (c) 
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Figure 4.20 AFM tapping mode images of the membrane of a living HeLa cell obtained in PBS 
buffer (a) height, (b) a line profile in the height image, (c) amplitude, and (d) phase image. 
Images were obtained with a scan rate of Hz5.0 .  
 
(a) 
(b) 
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Figure 4.20 (cont’d) 
 
The height profile shows the topography of the cell membrane having features with up to 
nm50~  obtained with minimal distortion.  Since the phase image in tapping mode AFM is 
more sensitive to viscoelastic behavior, several dark spots observed in the phase image could 
potentially locate specific domains in the cell membrane with different mechanical properties.   
4.6 Discussion 
The new method for tapping mode AFM introduced in this chapter offers several advantages.  
It preserves the harmonic dynamic response of the cantilever in air and has an intrinsic high 
quality factor. The laser path to the back of the cantilever and to the photodetector is entirely in 
(c) (d) 
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air, whereas the common method of AFM imaging in liquid involves diffraction in the liquid-air 
interface and reduced sum signal on the photodetector.    
 Calculations show that the nanoneedle does not buckle under imaging forces. The critical 
(buckling) load of a cylindrical rod with nm600 in diameter (made of Pt, GPaE 168~ , mµ60 ) 
under axial force in free-clamped configuration is nN700~ , which is much higher than the 
force involved in the imaging in this study.  The natural frequency of the nanoneedle is on the 
order of MHz3.1~ , which is far away from the operation frequency of the cantilever ( kHz ) and 
the scanning rate ( Hz1~ ). Another factor that should be taken into account is the bending due to 
the lateral drag force on the nanoneedle during scanning with AFM.  The typical scan speed in 
AFM is Hz1 , with a typical scan size of mµ1 , which leads to an effective speed of  
smVeff /1. µ= . The drag coefficient on a cylinder moving perpendicular to its long axis is 
mNs
rL
L
c lateralStokes /5.0)/(ln
4
+
≈
−
ηpi
 [152]. Based on elementary elastic beam analysis, the 
deflection at the end of the nanoneedle under the drag force 
.efflateralStokesdrag VcF ×= −   was 
calculated to be negligible.  
Although for hard samples the surface topography dominates the image formation, for 
soft samples, viscoelasticity of the surface also contributes in the image formation [157]. By 
increasing softness of the surface, the resolution of the imaging usually decreases. Living cells 
under physiological conditions have an elastic modulus on the order of several kPa , which 
makes AFM imaging of living cells challenging. Furthermore, the membrane of living cells has a 
characteristic thermally driven fluctuations with an amplitude as large as several tens of nm , 
where the exact value would depend on the  membrane stiffness for each cell type among other 
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factors. For living Saccharomyces cerevisiae (baker’s yeast) local nanomechanical motion of 
nm3~  with a frequency of kHz6.18.0 − was registered using AFM [158]. For red blood cells the 
fluctuations is on the order of nm100  with frequency of tens of Hz [159].  Considering the 
oscillation amplitude of the cantilever in tapping mode ( nm201~ − ), the fluctuations of the cell 
membrane could be one of the reasons that complicates obtaining high resolution images from 
membrane of a living cell.  
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CHAPTER 5  
Conclusions and Outlook 
In this dissertation three different capabilities of atomic force microscope (AFM) were 
applied to biological materials such as collagen fibrils, bone, and living cells. Static and dynamic 
nanoindentations, as powerful nanoscale techniques, utilize extremely precise force sensing 
( pN~ ) and accurate positioning capability ( nm~ ) of AFM to induce small deformation in the 
material of interest to extract its nanomechanical properties.  These techniques were applied to 
single isolated type I collagen fibrils as small as nm50  in diameter and to cortical bone samples. 
By its structural organization, with aligned molecules in the axial direction, a type I collagen is 
generally understood to be an anisotropic material. The results from this study revealed that a 
collagen fibril isolated from a bovine Achilles tendon was, in addition, heterogeneous along its 
axial direction in terms of its mechanical properties (elastic and damping properties) as a result 
of the periodic variation of the gap and overlap regions. It was further revealed that such 
subfibrillar nanomechanical heterogeneity was maintained within the collagen fibrils exposed on 
a cortical bone sample surface. More specifically, it was found that within a collagen fibril from 
tendon the overlap region was elastically stiffer (almost %100  stiffer) than the gap region, while 
in the meantime showing higher mechanical damping than the gap region. It was reasoned that 
such mechanical heterogeneity was originated from the uniquely different molecular 
arrangement in the gap and overlap regions in a collagen fibril and might be responsible for 
facilitating its multifunctional role in extracellular matrix as well as promoting energy dissipation 
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and toughness in bone. Understanding more detailed mechanical properties of this highly 
important protein is expected to help in designing better bio-functional scaffolds and finding 
better treatment of related diseases in the future. The nanoindentation technique used in this 
study could be used on collagen fibrils and bone samples in aqueous environments to assess the 
dynamic mechanical properties of these biomaterials in near physiological conditions. 
Microfibrillar structure of type I collagen is still not fully resolved and understood. Combining 
analysis from several techniques such as transmission electron microscope (TEM), scanning 
electron microscope (SEM), X-ray diffraction (XRD), and AFM in conjunction with mechanical 
tensile tests and chemical modifications could unravel the architecture of the highly elusive 
structure of a collagen fibril.  
The piezoresponse force microscopy (PFM), a nanoscale technique based on AFM that 
measures the converse piezoelectric effect with nanometer resolution, was applied to individual 
collagen fibrils. It was found that such collagen fibrils exhibit unipolar axial polarizations and 
behave mainly as shear piezoelectric materials having a shear piezoelectric constant of 
Vpmd /1~15 (or NCp / ). No clear local piezoelectric response was observed in the radial 
direction. This relatively dominant shear piezoelectric effect was the result of the quasi-
hexagonal symmetry of a collagen fibril structure at the nanoscale. In addition, it was revealed 
that there exists an electromechanical heterogeneity in the gap and overlap regions of a collagen 
fibril, with the overlap regions being piezoelectric and the gap regions showing weak 
piezoelectricity. This piezoelectric heterogeneity is intrinsically related to the structural 
heterogeneity in such subfibrillar regions. Furthermore, this subfibrillar level heterogeneity in 
piezoelectricity was found to persist for the collagen fibrils in bone, manifesting the hierarchical 
nature of the bone system down to the nanoscale level in terms of electromechanical properties 
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and implying the potential role of such heterogeneity at the nanoscale level in mechanoelectric 
transduction in bone. The study of piezoelectricity in nanoscopic collagen subunits and their 
ability to produce biologically significant electric potential in physiological conditions serves as 
the first step towards the eventual understanding of the evasive mechanoelectric transduction 
mechanism in bone remodeling and tissue growth. Similar to nanomechanical characterization in 
liquid, electromechanical characterization under aqueous environment would be highly desirable. 
It is yet not clear whether the piezoelectricity is the dominant factor in bone remodeling and 
growth. Direct measurement of charge generation under stress (direct piezoelectric effect) would 
significantly add to the required knowledge toward full understating of the possible effect of 
piezoelectricity in bone growth and remodeling.  Such measurements could also be extended to 
other types of collagen, especially type II collagen, which is the dominant type of collagen in 
cartilage.   
In this dissertation, a new method for tapping mode AFM imaging in liquid was 
introduced that maintains the harmonic dynamics of the cantilever similar to that in air.  The 
method utilizes a long metallic nanoneedle attached to an AFM cantilever as the sensing element 
in liquid while keeping the cantilever in air. The method has an intrinsic high quality factor 
without any electronic Q-enhancement and could operate in forces as small as pN50~ suitable 
for imaging soft biological materials under physiological conditions.  Imaging of single collagen 
fibrils under water and ethylene glycol was demonstrated. In addition, membrane of living HeLa 
cells were imaged under PBS buffer.    This study is the first demonstration of this potentially 
powerful technique and several steps could be taken towards its improvement. Microfluidic 
channels could replace the concave containers used in this study.  Knowing the exact depth of 
the liquid would facilitate the experimental procedure and would be beneficial for more 
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quantitative analysis. For tapping mode in air, to overcome the capillary forces due to thin liquid 
film on a surface, the spring constant of the cantilever must be large enough to break from the 
liquid capillary. Under liquid, however, the capillary force is eliminated and therefore much 
smaller spring constant could be used, reducing the exerted force on the surface. Currently there 
is limitations in depositing a nanoneedle on soft cantilevers ( mNk /1< ) due to bending of the 
cantilever under meniscus force during deposition. Theoretically the spring constant of the 
cantilevers could be lowered by two orders of magnitude from mN /5~  (used in this study) 
down to mN /05.0~ , which would lead to two orders of magnitude smaller forces on the 
sample.  In addition to imaging, the nanoneedle-probe could be used for dynamic measurement 
of viscoelastic properties of soft samples in liquid. Here again, the high quality factor and lower 
drag forces and reduced noises would help in obtaining more accurate viscoelastic characteristics 
of soft samples. It could also be used for electrical and piezoelectric measurement in liquid 
where immersing a biased conductive cantilever into a liquid medium may cause decomposition 
of the liquid and increase the electrostatic interactions.   
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